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L’imagerie par re´sonance magne´tique devient un outil clinique de plus
en plus utilise´ pour la mesure de la perfusion tissulaire dans plusieurs or-
ganes: cerveau, coeur, rein et foie. Toutefois, des ame´liorations techniques
sont ne´cessaires afin que la mesure de la perfusion par IRM devienne un outil
clinique de routine, surtout si la quantification est demande´e. Cette the`se
pre´sente les me´thodes de quantification de la perfusion de premier passage
utilisant les produits de contraste exoge`nes, extracellulaires et les se´quences
de ”gradient-echo” rapide. D’abord, les effets des parame`tres de se´quence
sur la dynamique du signal ont e´te´ e´tudie´s. Ensuite, l’effet du flux sanguin
sur l’intensite´ du signal a e´te´ e´tudie´ dans la cavite´ cardiaque pour la perfu-
sion cardiaque, et dans l’aorte pour la perfusion re´nale. Apre`s cette e´tude
pre´liminaire, l’effet du flux a e´te´ mesure´ dans un montage expe´rimental IRM-
compatible. Une me´thode de correction a e´te´ developpe´e, et valide´e in-vitro,
dans un mode`le animal, et chez les patients. Apre`s ces optimisations de
se´quences, nous avons aborde´ le proble`me de la couverture spatiale du coeur.
Un nouveau protocole d’acquisition a e´te´ de´fini pour augmenter la couverture
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spatiale du coeur, sans perte significative de pre´cision dans la quantification
de la perfusion. Le protocole a e´te´ valide´ par simulation nume´rique, et par
une e´tude clinique en utilisant le mode`le a` un compartiment. Le mouvement
respiratoire du coeur a e´te´ corrige´ par un algorithme de recalage d’images.
Cette the`se montre l’important potentiel clinique des me´thodes de quantifi-
cation de la perfusion par IRM, et plus ge´ne´ralement, la contribution des
me´thodes physiques dans les applications me´dicales.
Introduction
Le phenome`ne de re´sonance magne´tique nucle´aire (RMN) a e´te´ de´couvert
en 1946 par Bloch et Purcell. Entre les anne´es 1950 et 1970 la re´sonance
magne´tique a e´te´ utilise´e pour l’analyse physique et chimique des mole´cules.
Ce n’est qu’a` partir de 1971 quand Damadian de´couvrit la diffe´rence des
temps de relaxation des tissus sains et tumoraux que commenc¸ait le devel-
oppement de l’imagerie par re´sonance magne´tique. En 1971 Lauterbur a
introduit l’usage des gradients de champ magne´tique pour localiser les voxels
en deux dimensions, et en 1975 Ernst a introduit l’IRM avec l’encodage de
phase et de fre´quence et la reconstruction par transforme´e de Fourier. Cette
technique est la plus couramment utilise´e aujourd’hui.
La technique d’IRM utilise les moments magne´tiques, aussi appele´s spins,
des noyaux atomiques pre´sents dans le corps. Le noyau le plus couram-
ment utilise´ est l’hydroge`ne, pre´sent dans les mole´cules d’eau qui constituent
80% du corps humain. Sans champ magne´tique externe ces spins sont ori-
ente´s ale´atoirement et il n’en re´sulte aucune aimantation macroscopique
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nette. Lors de l’application d’un champ magne´tique externe, B0 les spins
se se´parent en deux niveaux d’e´nergie, correspondant aux e´tats ”spin up”
et ”spin down”. La diffe´rence d’e´nergie des deux niveaux est proportion-
nelle au champ magne´tique applique´. La diffe´rence de populations des deux
e´tats de spin, n1 et n2, re´sulte en une aimantation macroscopique nette. En
appliquant un deuxie`me champ magne´tique B1 tournant a` la fre´quence de
re´sonance ω0, les spins basculent d’un angle α, et relaxent selon les temps
de relaxation longitudinale, T1, et transversale, T2. Les diffe´rents tissus et
le´sions se distinguent par des temps de relaxation diffe´rents. Les e´lements
de volume image´s, appele´s voxels, sont localise´s par des gradients de champ
magne´tique, qui se´lectionnent une coupe spatiale, et modifient la phase et
la fre´quence des spins dans la coupe. Le signal est enregistre´ dans l’espace
re´ciproque, dit l’espace k, et l’image est reconstruite dans l’espace re´el par
la transforme´e de Fourier.
Se´quences IRM
Une se´quence IRM est une succession d’impulsions de radiofre´quences
(RF) et de gradients d’encodages. De nombreuses se´quences sont actuelle-
ment utilise´es en imagerie me´dicale selon le type d’imagerie voulu, anatomie
ou fonction, dimensions, rapidite´, et ponde´ration de contraste: T1, T2 ou
densite´ de protons. Nous pre´sentons brie`vement les principales se´quences:
90-FID (free induced decay), ”spin-echo”, inversion-re´cupe´ration, ”gradient-
echo”, et la se´quence de contraste de phase pour la mesure du flux.
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90-FID La se´quence la plus simple est la re´pe´tition d’impulsions RF de
90◦ et l’acquisition du signal FID.
Spin-echo Dans la se´quence ”spin-echo”, une impulsion de 90◦ bascule
l’aimantation dans le plan transversal (XY). L’aimantation transversale com-
mence a se de´phaser, et une deuxie`me impulsion de 180◦ rephase l’aimantation,
cre´ant ainsi un deuxie`me signal, appele´ e´cho. L’intensite´ du signal de´pend
du temps de re´pe´tition (TR) et du temps d’e´cho (TE). L’avantage de la
se´quence ”spin-echo” est que la de´pendance du signal du temps de re´pe´tition
et du temps d’e´cho permet la ponde´ration de contraste T1 et T2.
Inversion-re´cupe´ration Dans cette se´quence une impulsion de 180◦ est
d’abord applique´e. Lors de la relaxation de l’aimantation le long de l’axe Z,
avant le retour a` l’e´quilibre une deuxie`me impulsion de 90◦ bascule l’aimantation
dans le plan XY, donnant un signal FID. Une de´pendence du temps d’inversion
(TI) est introduite, permettant une plus importante ponde´ration de contraste
T1.
Gradient-echo Dans les se´quences ”gradient-echo”, le rephasage des spins
est obtenu par des gradients, et non par une deuxie`me impulsion RF. Des
angles de basculement de 10◦ a` 90◦ sont applique´s avec le gradient de se´lection
de coupe. Ensuite un gradient d’encodage de phase est applique´ en meˆme
temps qu’un gradient de de´phasage de fre´quence. L’e´cho est produit par le
gradient d’encodage de fre´quence, qui rephase le de´phasage produit par le
gradient de de´phasage.
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Les temps de re´pe´tition peuvent eˆtre plus courts qu’en ”spin-echo”, allant
jusqu’a` 2.5 ms. Cette se´quence est donc utilise´e pour l’imagerie rapide, ou`
une image peut-eˆtre acquise en 1 seconde, et synchronise´e au rythme car-
diaque. Les se´quences utilise´es dans cette the`se, FLASH, FAST et RF-FAST
sont des variantes de la se´quence ”gradient-echo”. Toutes ces se´quences peu-
vent eˆtre pre´ce´de´es d’une pre´paration magne´tique: inversion, saturation, ou
combinaison des deux. L’inversion est utilise´e pour augmenter la ponde´ration
en contraste T1, et la saturation pour obtenir une insensiblite´ aux arythmies.
Mesure de vitesse par contraste de phase La vitesse du flux san-
guin dans les vaisseaux a` l’e´chelle macroscopique peut eˆtre mesure´e par une
se´quence dite en contraste de phase. Un proton en mouvement dans un
gradient de champ magne´tique va subir un de´phasage par rapport aux pro-
tons stationnaires. Le de´phasage est proportionnel au gradient de champ
magne´tique, et a` la vitesse des spins. Cette proprie´te´ est utilise´e en appli-
quant des gradients inverses. Ainsi dans l’image en phase re´sultante, les spins
stationnaires auront une phase nulle, et les spins en mouvement une phase
proportionnelle a` leur vitesse.
Me´canismes de contraste
La diffe´rence de signal, ou le contraste, est ne´cessaire pour diffe´rencier
les tissus et les pathologies. Le contraste intrinse`que des tissus de´pend des
temps de relaxation T1, T2, et de la densite´ des protons et des variables
instrumentales comme le temps de re´pe´tition (TR), le temps d’e´cho (TE), le
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temps d’inversion (TI) et l’angle de basculement (FA). Les images avec un
contraste pre´dominant en T1 sont appele´es ponde´re´es T1, et en T2, ponde´re´es
T2.
Agents de contraste
Le contraste intrinse`que des tissus peut eˆtre ame´liore´ avec l’utilisation des
agents de contraste. Ils sont divise´s en deux cate´gories: agents de suscepti-
bilite´ et de relaxivite´. Les agents de susceptibilite´ sont aussi connus comme
agents-T2. Les e´lectrons non-apparie´s induisent une aimantation nette dans
le champ magne´tique externe, modifiant ainsi le temps de relaxation T2.
Ces agents de contraste sont le plus commune´ment compose´s de particules
d’oxyde de fer superparamagnetique (SPIO). Le principe de fonctionnement
des agents de contraste de relaxivite´, ou T1, est l’interaction dipoˆle-dipoˆle
entre les spins des e´lectrons libres de l’agent paramagne´tique et les spins
des protons. L’acce´le´ration de la relaxation affecte les temps T1 et T2, mais
l’accroissement du signal duˆ a` l’effet T1 est dominant. Le signal baisse par
effet T2 aux hautes concentrations. La plupart des agents T1 sont a` base de
Gadolinium (Gd). La relaxivite´, R1, est de´finie comme la variation du temps
de re´laxation par unite´ de concentration du produit de contraste. Les agents
de contraste T1 peuvent eˆtre intravasculaires ou extravasculaires. Les agents
extravasculaires peuvent rester dans l’espace interstitiel (p.ex. Gd-DTPA) ou
entrer dans les cellules (p.ex. Gd-BOPTA). Dans les travaux pre´sente´s ici,
le Gd-DTPA, l’agent de contraste le plus largement utilise´ dans la pratique
clinique, a e´te´ utilise´. Une relaxivite´ constante, inde´pendante des tissus et
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des pathologies a e´te´ conside´re´e dans la calibration du signal.
Perfusion tissulaire
L’activite´ cellulaire ne´cessite un flux continu de substances. Cette fonc-
tion est assure´e par le syste`me de circulation sanguine. Il est compose´ de
la partie arte´rielle, ou` le sang oxyge´ne´ circule du ventricule gauche du coeur
par les arte`res, arte´riolles et capillaires vers les organes, et la partie veineuse
qui transporte le sang des organes par les capillaires, veinules et veines vers
le ventricule droit du coeur et les poumons. C’est au niveau des capillaires
que les e´changes entre le plasma sanguin et le fluide interstitiel des organes
a lieu. Le terme de perfusion est utilise´ pour le transport sanguin a` travers
un organe.
L’estimation de la perfusion tissulaire a une valeur clinique importante
dans l’examen de la fonction d’un organe. L’imagerie de perfusion par
re´sonance magne´tique est pratique´e le plus commune´ment sur le cerveau,
le coeur, le rein et le foie. Cette the`se concerne l’IRM de perfusion cardiaque
et re´nale, utilisant la me´thode de contraste exoge`ne, avec l’injection de con-
traste T1 extravasculaire Gd-DTPA. Cette me´thode consiste en une imagerie
dynamique T1 du passage du produit de contraste par un organe, mesure
de l’intensite´ du signal, et analyse des courbes de transit selon des mode`les.
Ces mode`les peuvent eˆtre semi-quantitatifs ou quantitatifs, comme le mode`le
compartimental utilise´ ici.
Le tissus est compose´ de compartiments vasculaire, interstitiel et cellu-
laire. La concentration de contraste est mesure´e indirectement par la re-
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laxation de l’eau. Comme l’eau diffuse entre ces compartiments il n’est pas
e´vident qu’un temps de relaxation T1 unique puisse eˆtre conside´re´, ou des T1
diffe´rents selon les compartiments, ce qui modifie le signal. Il a e´te´ trouve´ et
ge´ne´ralement accepte´, que sous l’hypothe`se d’un e´change d’eau rapide entre
les compartiments cellulaire et interstitiel, avec une petite fraction de volume
vasculaire, et aux doses de contraste extracellulaire habituelles, le mode`le a`
un compartiment peut eˆtre utilise´ en bonne approximation dans le myocarde.
Dans ce mode`le la concentration myocardique est exprime´e comme une con-
volution de la concentration arte´rielle avec une fonction exponentielle, ou
interviennent des constantes de transfert sanguin K1 et K2 qui sont relie´es
au flux sanguin a` travers le tissu.
La structure du rein e´tant plus complexe (cortex et me´dulla, traverse´e
par des tubules de Henley), le mode`le a` un compartiment ne peut pas y
eˆtre applique´. Dans la perfusion re´nale nous avons utilise´ la me´thode ”up-
slope”, ou de la pente. Dans ce mode`le, de´rive´ des techniques de la me´decine
nucle´aire, le flux sanguin re´nal est exprime´ comme la pente du rehaussement
du contraste dans les tissus, divise´ par la maximum de ”l’input” arte´riel.
Des progre`s significatifs dans la technique de re´sonance magne´tique ont
permis une imagerie dynamique suffisamment rapide pour suivre la pharma-
cocine´tique du contraste dans un organe. Des ame´liorations techniques ont
e´te´ re´alise´es, comme la synchronisation ECG, pre´paration de l’aimantation T1
insensibles aux arythmies, destruction de l’aimantation transversale re´siduelle,
et diverses me´thodes de calibration du signal et des mode`les d’analyse ont
e´te´ propose´s.
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Ne´anmoins, certaines questions n’ont toujours pas e´te´ re´solues. Apre`s
des essais avec un grand nombre de se´quences et de parame`tres, la se´quence
turbo-FLASH avec des angles de basculement petits est entre´e le plus large-
ment dans la pratique clinique. Cette pratique peut conduire a` une saturation
du signal dans le sang, et l’utilisation des angles de basculement plus grands a
e´te´ sugge´re´e. Nous avons donc entrepris une e´tude de´taille´e de l’influence des
parame`tres de se´quences ”gradient-echo” sur la relation signal-concentration
de contraste afin d’optimiser la dynamique de contraste ( Publication 1).
Apre`s cette optimisation de se´quence dans le cas statique, nous avons effectue´
une e´tude de l’effet de flux sanguin dans la cavite´ cardiaque et l’aorte sur
l’intensite´ du signal (Publication 2). Cet effet, pouvant induire une erreur
importante dans la mesure de la fonction arte´rielle d’entre´e a e´te´ neglige´ dans
la plupart des e´tudes de perfusion. Apre`s cette e´tude pre´liminaire, montrant
la ne´cessite´ d’une me´thode de correction, une e´tude de´taille´e de l’effet de
flux, avec une me´thode de correction et sa validation est pre´sente´e dans la
Publication 3. Cette me´thode a e´te´ applique´e dans la mesure de la perfu-
sion re´nale absolue dans un mode`le animal (Publication 4). Finalement,
toutes les optimisations de la me´thode de perfusion des chapitres pre´ce´dents
ont e´te´ inte´gre´es dans un protocole de mesure de perfusion cardiaque, per-
mettant de soulever la question de l’augmentation de la couverture spatiale
du coeur (Publication 5). La me´thode de correction de mouvement utilise´e
dans cette e´tude est pre´sente´e dans l’Appendice.
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Conclusion
Le caracte`re non-invasif, la haute qualite´ et la re´solution des images sont
les avantages de l’IRM dans la mesure de la perfusion et l’estimation de la
fonction des organes. Cette the`se pe´sente la me´thode de la quantification
cardiaque et re´nale par IRM en utilisant les produits de contraste exoge`nes,
extracellulaires, les plus largement utilise´s en pratique clinique. Une e´tude
de´taille´e de l’influence des parame`tres de se´quence ”gradient-echo” rapide sur
la relation signal-contraste a e´te´ effectue´e. L’utilisation de grands angles de
basculement (90◦) et ”rf-spoiling” ont conduit a` une dynamique de contraste
optimale in-vitro. Cependant, dans l’imagerie cardiaque les angles de bas-
culement interme´diaires (40◦) re´duisent les artefacts de flux et de mouvement,
en gardant un compromis acceptable de sensibilte´ de signal, dynamique de
contraste et qualite´ d’image. Une forte monte´e de signal initiale a e´te´ obtenue
sans rf-spoiling. Apre`s la calibration du signal statique, l’effet de flux a e´te´
mesure´ dans la cavite´ cardiaque et dans l’aorte, pour la mesure de la fonc-
tion arte´rielle d’entre´e dans la mesure de perfusion cardiaque et re´nale. Alors
qu’avec le protocole utilise´ l’effet du flux a e´te´ ne´gligeable dans la cavite´ car-
diaque, il a e´te´ important dans l’aorte en systole, indiquant un besoin de la
correction de l’effet du flux. Ensuite, la relation signal-contraste a e´te´ e´tudie´e
pour diffe´rentes vitesses et parame`tres de se´quences. A partir d’un ensemble
de parame`tres re´duisant l’effet de flux, une proce´dure de calibration tenant
compte de cet effet a e´te´ de´veloppe´e et valide´e sur un bolus in-vitro, et chez
les patients. Cette me´thode a e´te´ applique´e dans une expe´rience de mesure
absolue de la perfusion re´nale, ame´liorant la pre´cision de la quantification. A
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la fin, les optimisations de la se´quence ont e´te´ inte´gre´es dans une e´tude de la
perfusion cardiaque, ou` la question de la couverture spatiale du coeur a e´te´
souleve´e. Un protocole consistant en une injection plus lente d’une plus haute
dose de contraste et une acquisition plus lente que commune´ment pratique´e
a e´te´ mise au point, afin d’augmenter le nombre de coupes spatiales. Une
simulation nume´rique et une e´tude clinique ont montre´ une bonne pre´cision
des valeurs de perfusion obtenues, pouvant de´tecter une hypo-perfusion dans
les re´gions infarcies. En terme de ”post-processing” des images la de´finition
des re´gions d’inte´reˆt a e´te´ ame´liore´e en appliquant une correction du mou-
vement respiratoire. Les de´veloppements pre´sente´s dans cette the`se, et plus
ge´ne´ralement les intenses efforts de recherche dans diffe´rents groupes don-
nent un potentiel clinique important a` la mesure de la perfusion par IRM.
Des progre`s importants ont e´te´ re´alise´s dans les anne´es re´centes: acquisi-
tion rapide graˆce a` la puissance des gradients et aux techniques d’imagerie
paralle`les (SENSE) avec des antennes a` canaux multiples, homoge´ne´isation
du profil du signal, augmentation de la couverture spatiale. D’autres progre`s
restent a` faire en terme de qualite´ et de re´solution d’images pour une meilleure
distinction subendocardiaque. La possibilite´ d’une imagerie de perfusion en
3 dimensions pourrait eˆtre investigue´e, mais cela ne´cessitera des me´thodes
de correction de mouvement plus sophistique´es que les actuels algorithmes
de correction en 2D. Tout ceci montre que la physique continuera a` apporter




Magnetic resonance imaging has become an increasingly used clinical tool
for tissue perfusion measurement in several organs: brain, heart, kidney,
liver. However, further technical developments are needed to bring MRI tis-
sue perfusion measurement into widely accepted clinical routine, especially
if quantification is required. This thesis presents methods of first pass per-
fusion quantification using exogenous, extracellular contrast media and fast
gradient-echo MR sequences. First the effect of sequence parameters on
signal-contrast concentration relation was studied. Next, inflow effect was
studied in the heart cavity for cardiac perfusion, and in the aorta for renal
perfusion. In a later stage, inflow effect was assessed in an MR-compatible
flow apparatus, and a correction method was developed and validated in a
phantom bolus, animal model, and patients. Finally we addressed the ques-
tion of increasing spatial coverage in myocardial perfusion. A new acquisition
protocol was presented allowing for increased heart coverage without signif-
icant loss in perfusion quantification accuracy. The protocol was validated
by a numerical simulation, and a clinical study using one-compartment anal-
ysis model. Breathing-induced cardiac motion was corrected using a post-
processing registration algorithm. This work shows the important clinical
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potential of MR perfusion quantification methods, and more generally, con-
tribution of physical methods in medical applications.
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The phenomenon of nuclear magnetic resonance (NMR) was first discov-
ered in 1946 by Bloch and Purcell. Between years 1950 and 1970 magnetic
resonance was used in physical and chemical molecular analysis. Magnetic
resonance development in imaging purposes started in 1971, when R. Dama-
dian discovered that NMR relaxation times differed in healthy and tumor
tissues [1]. In 1973 P. Lauterbur introduced the use of magnetic field gradi-
ents for voxel localization in two dimensions [2]. In the beginning backpro-
jection reconstruction methods were used for NMR imaging. In 1975 Ernst
introduced magnetic resonance imaging with phase and frequency encoding
and Fourier transform [3], which is the technique currently used today. With
continuous developments in hardware equipment and information technol-
ogy, fast dynamic MR acquisition has been enabled which gave new diag-
nostic and interventional aspects to MRI. The 2003 medicine Nobel prize
21
attributed to Sir Peter Mansfield and Peter Lauterbur shows the importance
of MRI contribution to medicine.
1.2 Magnetic Resonance Imaging
1.2.1 Nuclear Magnetism Principles
Magnetic resonance imaging (MRI) uses magnetic moments, also called
spins, of atomic nuclei present in human body. The most commonly consid-
ered atom is hydrogen, present in water molecules which represent 80% of
the human body. Hydrogen’s nucleus is composed of a single proton.
With no external magnetic field applied, protons’ magnetic moments or
spins, (eq. 1.1) will be randomly oriented, yielding no net macroscopic mag-
netization.
µi = γSi (1.1)
where γ is the gyromagnetic ratio (42.58 MHz/T for hydrogen), and S
spin angular momentum of the proton.
When a magnetic field B0 is applied, hydrogen’s protons’ spins will split
into two energy levels, according to the energy associated with a magnetic
moment immersed in a magnetic field (eq. 1.2):
E = −µ ·B = −µzBz = −γmsh¯Bz (1.2)
with ms=± 1/2 for the proton.
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Figure 1.1: Energy difference ∆E of populations n1 and n2 is proportional
to B0.
These energy levels correspond to a ”spin up” and ”spin down” position.
The spins will thus form two possible angles with the direction of B0: θ and






kBT ≈ 1 + ∆E
kBT
(1.3)
where ∆E is the difference of energy levels, kB Boltzmann’s constant, and
T the temperature.
The difference of energy levels, ∆E is proportional to the magnetic field
B0 (fig. 1.1):
∆E = γ · h¯B0 (1.4)
The difference in n1 and n2 populations results in a net macroscopic
magnetization M.
23
Figure 1.2: Precession of a magnetic moment around the external magnetic
field B0.
The motion of a magnetic moment µ (fig. 1.2) can be described by the
vector equation [4]:
dµ/dt = γµ×B (1.5)
With a constant magnetic field B0, this equation predicts a precession of
µ around B0 at a frequency ω0 = γB0.
By applying a second magnetic field B1 rotating at the frequency ω in
the plane perpendicular to B0 the magnetization vector µ will be exposed to
a torque γµ×Beff . At on-resonance condition ω = ω0, B1 will be maximally
synchronized to tip the spin. B1 applied on-resonance for a finite time is
called an rf-pulse, and the corresponding flip angle is: α = γB1t (for a
rectangular shape B1 pulse).
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Figure 1.3: Longitudinal magnetization relaxation, and transverse magneti-
zation decay.
1.2.2 Magnetic relaxation
In macroscopic body imaging, we introduce a local magnetic moment per




After an excitation by aB1 impulse, typically called radio-frequency (RF)
pulse, corresponding to the flip angle α, the magnetizationM will spiral back
to its equilibrium alignment with B0. This phenomenon is called relaxation
of the magnetic moment.
The longitudinal relaxation time, T1, is the time for the longitudinal mag-
netization component to recover from 0 to (1 − e−1), or 63% of the initial
M0 (fig 1.3). The transverse relaxation time, T2, is the time required for
transverse magnetization component to decay to e−1, or 37% of its maxi-
mum value (fig 1.3). The T2 decay is composed of pure T2 molecular effect
(molecular interaction) and B0 inhomogeneities. The combined T2 effect is
called T2 star (T
∗
2 ):
1/T ∗2 = 1/T2 + 1/T2inhomogeneity (1.6)
The magnetization M evolution in time projected into longitudinal and
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= −ω0Mx − My
T2
(1.9)






−t/T1 +M0(1− e−t/T1) (1.12)
Or in complex notation, M+(t) =Mx(t) + iMy(t):
M+(t) = e
−iω0t−t/T2M+(0) (1.13)
The variation of the Mxy is measured by a reception coil, and it is this
signal called the free induction decay (FID) that is measured in MRI. The
figure ( 1.4) illustrates the FID measurement after a 90◦ RF pulse.
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Figure 1.4: B1 impulsion, and free induction decay (FID) measurement.
Magnetization, initially in equilibrium state, is tipped into the transverse
plane by the application of the B1 pulse. In the transverse plane, spins are





Elements of imaged volume are called voxels. To localize a slice, slice
selection is applied during the RF excitation pulse (fig. 1.5). This is real-
ized by using a magnetic field gradients. For a slice perpendicular to the
z direction (conventionally parallel to B0), a magnetic gradient along the z
direction, Gz will be applied. Consequently the resonance frequency of the
protons depends on z:
ω(z) = γ(B0 + zGz) (1.14)
Thus the position of the slice will depend on the frequency, and the slice
thickness on the transmitter RF bandwidth.
∆ω = γGz∆z (1.15)
Once a slice has been selected, the voxel within this slice must be spatially
encoded. A phase gradient Gy of duration T, dephases spins in the “phase
direction” conventionally noted y, by a phase φ = γ(B0 + yGy)T . Similarly,
voxel localization in the read, or x direction is obtained with a frequency or
readout gradient Gx.
Based on the Bloch equation solution, the signal from a volume element
dV can be expressed as:
dS(G, t) ∝ ρ(r)dV e−t/T2e−i(ω0+γG·r)t (1.16)
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Figure 1.5: Slice selective excitation consists of applying a magnetic field
gradient during the RF pulse application.
where ρ(r) is the spin density in the voxel.




By introducing the notion of k-space, with the spatial frequency vector:
k = γGt, (1.18)











MR signal is measured in the k-space. K-space is filled by digitizing MR
signal at different times. Each line in k-space corresponds to echo data for a
single phase encoding step, and each column in a line corresponds to MR sig-
nal amplitudes at various times during the echo. By convention lines near the
center of k-space correspond to low-order phase encoding steps, and extremity
k-space lines correspond to high order phase encodings. After k-space filling
is completed, the real space image is obtained by a 2-dimensional Fourier
transform (2DFT) of the k-space grid [6]. It is important to emphasize that
individual cells in k-space do not correspond one-to-one with individual pix-
els in the MR image. Every pixel in the image contains information from
all the k-space cells. The center of the k-space corresponds to low spatial
frequencies, and is responsible for the gross object shape and contrast in
the reconstructed image. The periphery of the k-space correspond to high
spatial frequencies, and are responsible for edge sharpness and detail in the
reconstructed image (fig. 1.6). In 3D imaging, z direction encoding analog to
x and y encoding is used instead of slice selection, and 3D Fourier transform
is used to reconstruct images.
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Figure 1.6: Left) Example of k-space trajectory. For every phase encoding
step a number of echo samples are acquired while the frequency gradient is
applied. Upper right) A raw, k-space acquired image. Lower right) Fourier
transformed image as seen in direct space. A short-axis view of the heart is
shown.
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1.2.4 Basic MR sequences
A variety of MR pulse sequences are used in clinical practice. Here we
will expose the basic sequences: 90-FID, spin-echo, inversion-recovery, and
gradient echo.
90-FID sequence
The simplest sequence is the repetition of 90◦ RF pulses and FID acqui-
sitions. Signal intensity for that sequences depends on repetition time (TR)
and T1:
S = kρ(1− e−TR/T1) (1.21)
where k is a proportionality constant depending on reception amplitude,
and ρ the spin density.
Spin-echo
In the spin-echo [7] sequence a 90◦ RF pulse flips the magnetization in
the XY plane. The transverse magnetization starts to dephase, and a second,
180◦ pulse rotates the magnetization around the X axis. The magnetization
is thus rephased and produces a signal called echo. The timing diagram of
the sequence is shown in figure 1.7. The signal equation of the spin-echo as
a function of repetition time (TR), echo time (TE) and spin density (ρ) is
given by:
S = kρ(1− e−TR/T1)e−TE/T2 (1.22)
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The advantage of the spin-echo sequence is the introduction of T2 depen-
dence of the signal, allowing for T2 weighting.
Inversion recovery sequence
The inversion recovery sequence first applies a 180◦ pulse. The magneti-
zation undergoes relaxation and returns to its equilibrium position along the
+Z axis. Before it reaches equilibrium a second 90◦ pulse rotates the mag-
netization into the XY plane where it dephases giving a FID. The timing
diagram of the sequence is shown in figure 1.7.
When the experiment is repeated every TR seconds, the signal equation
is given by:
S = kρ(1− 2e−TI/T1 + e−TR/T1)e−TE/T2 (1.23)
Gradient-echo sequence
In gradient-echo sequences (fig. 1.7), spins rephasing is done by gradients,
rather than a second RF pulse. Typically a 10◦ to 90◦ is applied together
with the slice selection. A phase encoding gradient is applied next. At the
same time, a frequncy encoding gradient dephases the spins. This gradient
is inversed during signal acquisition. When the area under the two opposite
gradients is equal, spins are rephased, and en echo is created.
The gradient-echo signal intensity is given by the following equation:







Figure 1.7: Spin-echo, inversion-recovery and Gradient echo timing diagrams.
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Figure 1.8: The FLASH sequence. All the gradients are unbalanced.
The TR period of the gradient-echo sequence can be much shorter than
in spin-echo (below 10 ms). It is therefore used in rapid imaging allowing for
1 second time resolution [8].
The sequences used in the following chapters, FLASH, FAST and RF-
FAST, all belong to the gradient echo (GRE) sequence family.
FLASH [9] Fast low angle shot sequence is a fast gradient echo sequence
where the transverse magnetization is spoiled by unbalanced gradients (fig. 1.8).
In the FLASH sequence FID is sampled and echo discarded. At high flip
angles side band artifacts appear in the read direction with the FLASH se-
quence, because residual transverse coherence is not destroyed by unbalanced
gradients. The sequence is also known under the acronym SPGR (General
Electrics).
FAST [10] The FAST (fast acquisition in steady state, fig. 1.9) differs from
FLASH by a balanced phase gradient. FID and a part of the echo are acquired
in the FAST sequence. The residual transverse coherence is preserved with
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Figure 1.9: The FAST sequence. Unlike the FLASH sequence, a rewinder is
added in the phase gradient.
the FAST sequence. To disrupt it, an RF spoiling scheme is used. It consists
of changing the phase of the RF pulse from view to view. In this case we call
the sequence RF-FAST.
All these sequences can be used with a magnetization preparation: inver-
sion, saturation, or both. Inversion is used for increased T1-weighting, and
saturation for arrhythmia insensitivity.
Velocity-encoded phase contrast sequence
The phase contrast sequence allows blood flow measurement in vessels
at a macroscopic scale, down to a resolution of the order of millimeter. A
proton moving along a magnetic field gradient will experience a phase shift
in regard to stationary protons. The phase shift is directly proportional to
the gradient strength and, for non-turbulent flow, to the spins’ velocity. The
phase contrast flow measurement uses this principle by applying a dephas-
ing and a rephasing gradient lobe in the flow direction, called the velocity
encoding gradient. Thus in the resulting phase image, stationary spins will
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weighting TR value TE value
T1 ≤ T1 ¿ T2
T2 À T1 ≥ T2
ρ À T1 ¿ T2
Table 1.1: Set of conditions necessary to obtain specific contrast weighting
of the images.
have 0 phase, while the flowing spins will have a phase proportional to their
velocity. By measuring the cross-section of the vessel, the blood flow through
the vessel can be estimated [11–13]. This technique has been used in studies
contained in this work.
1.3 Contrast mechanisms
Signal difference, or contrast, is necessary to distinguish different tissues
or pathologies. The intrinsic tissue contrast is due to relaxation times, T1
and T2, and proton densities of the tissues [14]. The instrumental variables
affecting the image contrast are: repetition time (TR), echo time (TE), in-
version time (TI) and flip angle (FA). Images with predominant T1 contrast
are called T1-weighted images, similarly for T2 and proton density contrast,
images are called T2-weighted or proton density-weighted. Setting instru-
ment parameters for different contrast weighting is resumed in the table 1.1,
and intrinsic T1 and T2 values of some tissues are given in table 1.2:
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Table 1.2: Examples of T1 and T2 values of several tissue types at 1.5 T.
1.3.1 Contrast Agents
The contrast agents, or contrast media (CM) most commonly used are
divided into two classes: susceptibility and relaxivity agents.
Susceptibility contrast agents
Susceptibility agents are also known as T2-contrast agents. The unpaired
electrons of the susceptibility agents induce a net magnetization in an exter-
nal magnetic field, which in turn, modifies the T2 (diffusion of water molecules
in the presence of magnetic field inhomogeneity) and T ∗2 (static inhomogene-
ity with water resonance line broadening and phase shift) [15]. Susceptibility
agents are most commonly composed of superparamagnetic iron oxide parti-
cles [16] (SPIO, e.g. Endorem r©, Guerbet, France; Resovist r©, Schering AG,
Germany) and ultrasmall superparamagnetic iron oxides [17] (USPIO, e.g.
Sinerem r©, Guerbet, France).
Relaxivity contrast agents
The principle of relaxivity agents is the dipole-dipole interaction between
the free electron spins of the paramagnetic ion and the proton spins [18]. The
relaxation enhancement affects both T1 and T2. Signal enhancement due to
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enhanced T1 relaxation is dominant. T2-induced loss of signal occurs only
at high concentrations [19]. The relaxivity agents are also called T1 contrast
agents. Most of the relaxivity agents are based on Gadolinium. Relaxivity











with T10 being the initial T1. T1 contrast agents can be intravascular,
or diffuse outside the vessels (extravascular, Gd-DTPA, e.g. Magnevist r©,
Schering, Germany or Gd-DOTA, e.g. Dotarem r©, Guerbet, France). Ex-
travascular contrast agents either remain in the extracellular space (Gd-
DTPA) or enter into the cells (Gd-BOPTA [22–24], e.g. Multihance r©,
Bracco, Italy). The intravascular or extracellular distribution of the con-
trast agents is defined in part by the particle size. Mechanisms of contrast
transport into the cells is still an area of active pharmacological research.
In the current work, extracellular Gd-DTPA [19,25–27], the contrast me-
dia most widely used in clinical practice, has been used for tissue perfusion
studies. MR signal calibration requires the assumption of constant relaxivity
(R1) of Gd-DTPA, regardless of tissues and pathologies. A constant R1 value
has been measured in various tissues [28,29] and in-vivo R1 measured in tu-
mors was close to values measured in-vitro [30]. Little R1 data are available
for pathologies, since it requires local Gd-DTPA concentration determina-
tion, and tissue T1 measurement. Therefore, it is only possible to assume a
constant R1 in reasonable agreement with the literature data [31].
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1.4 Tissue perfusion
Living cell activity requires continuous inflow of oxygen and nutrient sub-
stances, and outflow of cell waste products. This function is provided by the
blood flow system, composed of an arterial part, where oxygenated blood is
pumped from the heart’s left ventricle, through arteries, arterioles and capil-
laries to organs, and venous part taking the blood from organs by capillaries,
venules and veins to the right heart and the lungs. It is at the level of capil-
laries (fine vessels) that most substance exchange between blood plasma and
interstitial fluid takes place. The term perfusion is used for blood transport
in a specific organ.
Assessment of tissue perfusion is of important clinical value in organ
function diagnosis. MR perfusion imaging is most commonly performed in
brain [32–36], heart [37–51], kidney [52–58] and liver [24,59–62]. The present
work concerns cardiac and renal perfusion imaging.
Perfusion measuring techniques can be based on endogenous or exogenous
contrast. Endogenous contrast techniques consist of diffusion imaging, BOLD
(blood oxygenation level dependent) contrast [63], magnetization transfer
contrast [64] and spin labeling [34,35]. For example, in spin labeling, arterial
inflowing spins are saturated or inverted, leading to flow-related T1 alteration
in the imaging slice. Images obtained without inversion and after inversion
are subtracted, providing thus the perfusion map. However, at this time,
these techniques are not suitable for cardiac perfusion evaluation, due to flow
and motion induced artifacts, misregistration, low resolution and important
noise.
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Figure 1.10: Schematic representation of perfusion quantification methodol-
ogy.
In exogenous contrast techniques, contrast media injection is used to en-
hance signal difference between tissues. Tissue perfusion is assessed by fol-
lowing contrast media transit in a tissue. The perfusion measurement method
consists of dynamic T1-weighted MR imaging of the heart during an injec-
tion of contrast media (CM), measuring the signal intensity (SI), and model
analysis (fig. 1.10). Tissue enhancement curves and arterial input functions
(AIF) are measured and analyzed with tracer kinetics models.
Analysis methods can be semi-quantitative [65], where relative perfusion
indices based on myocardial enhancement slope are calculated or quantitative
[39,43,47,48], such as the compartmental models.
1.4.1 Analysis models
Tissue is composed of vascular, interstitial and cellular compartments.
Contrast concentration is measured indirectly through water relaxation. Wa-
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ter diffuses between compartments, which can modify MR signal enhance-
ment. It is therefore a concern whether the bulk tissue Gd concentration can
be obtained from bulk tissue T1, or if T1’s of the vascular, interstitial and
cellular compartments should be considered. It has been found [28] that the
water exchange rate is fast between the cellular and interstitial space, but
slow between interstitial and vascular compartments. However, due to the
small volume fraction of the vascular space, and the closeness of interstitial
and vascular T1’s, fast exchange can be assumed between all compartments
with minor error in the Gd concentration determination (less than 20% for
blood CM concentration less than 8 mM). These findings were confirmed by
Larsson et al. who showed that the vascular-interstitial water exchange had
no significant influence on the transport index (K1) of CM to the organ with
extravascular contrast agents of realistic doses [66].
One-compartment model
Assuming the fast exchange model, we used the one-compartment model
[67] for cardiac perfusion analysis (fig. 1.11), where cells, interstitium and
capillaries are considered as a single compartment. This model is well suited
to describe the diffusion of Gd-DTPA which is extravascular, and with no
cellular distribution.
The mass balance of the contrast for the myocardium is given by the
differential equation [68,69]:
dCmyo/dt = K1Cplasma −K2Cmyo (1.26)
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Figure 1.11: Functional representation of the left ventricle and myocardium
in the one-compartment analysis model. K1 is the transfer coefficient of
the blood from the arterial system into myocardial tissue, and K2 from my-
ocardium to the venous system.
where Cmyo is the myocardial contrast concentration, Cplasma the blood
pool contrast concentration, or the arterial input, and K1, K2 the first or-
der transfer constants respectively from the arterial blood pool to the my-
ocardium and back to the vascular system. The K1 parameter is related to
the flow, F, by the extraction fraction E:
K1 = E · F (1.27)






where the Cmyo is expressed as the convolution of the arterial input with
an exponential function, scaled by K1. In this model myocardium is consid-
ered as a functional rather than anatomical compartment, since the vascular
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volume inside the region of interest is neglected. The advantage of this model
is the reduction of the number of the fitted parameters to two. This model
showed good robustness, and allowed to differentiate infarcted from normal
tissue, as will be seen in publication 5.
Up-slope method
The renal tissue structure being more complex than myocardial, the one-
compartment model cannot be applied to the kidney. It is composed of
cortex, medulla, and both are filled with tubular loops, called Henle’s loops.
Therefore we used the up-slope method in the renal perfusion measurement.
It has been adapted from a nuclear medicine procedure developed by Peters
et al [70–72], and validated for 99mTc-DTPA with radiolabeled microspheres
on animals [70]. Since the pharmacokinetical properties of the MRI contrast
agent Gd-DTPA are similar to 99mTc-DTPA [73], this model is also well
suited for MRI with the use of Gd-DTPA.
According to the microsphere theory, the renal blood flow (RBF), is re-
lated to the amount of contrast media trapped in the kidney,Mkidney, cardiac











∆(1/T1)renal”trapped” · V olume
r1 ·Mtotal (1.30)
∆(1/T1)renal”trapped” is the contrast medium remained trapped in the kid-
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ney at the passage of the bolus. For microspheres this concentration can
be determined form the renal activity count after the injection. Unlike the
microspheres, Gd-DTPA leaves the kidney, so this theoretical value has to
be extrapolated from the initial part of the perfusion curve. The plateau ra-
tio of the organ and arterial transit curves equals the ratio of the maximum













where ∆(1/T1)art represents arterial concentration. With the total amount






Combining previous equations, gives a final expression for the absolute







The absolute renal blood flow is thus directly calculated from the contrast
uptake in the kidney divided by the maximum of the arterial input function
(fig. 1.12).
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Figure 1.12: Up-slope analysis model: Renal blood flow per unit volume is
given by the ratio of contrast uptake slope and peak of arterial input function.
Chapter 2
MRI for cardiac and renal
tissue perfusion quantification
Magnetic resonance presents several advantages for tissue perfusion mea-
surement over other techniques: SPECT (single photon emission computed
tomography) scintigraphy, currently used in nuclear medicine, and PET
(positron emission tomography). Compared to SPECT, it is non-invasive,
non-ionizing energy is used, and allows higher spatial and temporal image
resolution. Even if PET is the reference method for flow measurement in
organs [74,75], it suffers from disadvantages such as exam cost, limited num-
ber of available facilities, use of radioactive isotopes and their short half-life
time. Besides PET provides no anatomical information, only functional,
whereas MRI provides both. Methods for perfusion measurement with com-
puterized tomography (CT) using iodine contrast media have also been de-
veloped [76, 77]. However patient exposure to ionizing radiation, and the
toxicity of the contrast agent remains an issue, which is not the case with
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MRI.
This thesis concerns cardiac and renal MR first-pass perfusion using ex-
travascular, extracellular Gadolinium-based contrast agents, using the one-
compartment model for the heart and the up-slope model for the kidney.
Significant technical progress in MR hardware allows dynamic image ac-
quisition fast enough to follow the pharmacokinetics of a contrast agent in an
organ. Important technical issues have been solved such as cardiac ECG syn-
chronization, arrhythmia-insensitive and T1-weighted magnetization prepara-
tions, transverse magnetization spoiling methods, signal calibration methods
and several analysis models have been proposed. Cardiac ECG synchroniza-
tion enables to avoid blood pulsatility related signal variation, by allowing
to acquire every image at the same cardiac cycle time [78]. The original
inversion-recovery magnetic preparation introduced by Haase [79], consists
of a 180◦ non-selective inversion pulse. Preparation time (TP), or inversion
time (TI) is the time between the pre-pulse and image acquisition, and al-
lows T1-weighting of the image, or to cancel-out signal from specific tissue
according to its T1 relaxation time. The disadvantage of the inversion prepa-
ration is its sensitivity to arrhythmia. In cardiac imaging long T1 tissues do
not completely recover in the delay between two images. As a consequence,
irregular delays between images will affect signal intensity in a dynamic im-
age series. A solution to the arrhythmia-sensitivity can be a magnetization
driven preparation [80], consisting of a series of dummy RF pulses (around
64) instead of the 180◦ inversion pulse. These preparatory RF pulses drive the
magnetization into steady state before the image acquisition, making it thus
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arrhythmia-insensitive. A disadvantage of this technique is longer prepara-
tion times, limiting the acquisition speed. In this work we used a modified
magnetization driven preparation, using a saturation 90◦ pulse, followed by
the 180◦ inversion pulse [81]. Unbalanced, spoiler, gradients between the two
pulses destroy residual magnetization. The signal saturation for arrhythmia
insensitivity are assured by the 90◦ and the spoiler gradients, and the T1
weighting by the 180◦. Preparation times as short as 25 ms can thus be
obtained. Contrast dynamics of gradient-echo sequences is also affected by
residual transverse magnetization spoiling. This is achieved either by gradi-
ents, or RF pulse phase shifts [82,83].
However, some issues are still not resolved. Various sequences, from
EPI [84,85] to turbo-FLASH [42,86,87], and sequence parameters have been
used for dynamic imaging with contrast media. With less than 100 ms acqui-
sition time per frame, EPI satisfies the conditions of sufficient temporal and
spatial resolution, and slice coverage. Unfortunately, because of deleterious
susceptibility artifacts due to thoracic air-tissue interfaces, and non-linearity
of the signal-contrast agent relation, it is difficult to implement for cardiac
imaging. Most work on dynamic imaging of cardiac and renal perfusion has
been done with the inversion prepared turbo fast low angle shot (FLASH) se-
quence and low flip angle [69,88,89], but some success has also been achieved
with the FAST [10] sequence using a low flip angle and the radiofrequency
(RF)-spoiled FAST (RF-FAST) sequence with a high flip angle [52]. The
FLASH sequence with low flip angles has been generally accepted as opti-
mal for contrast concentrations encountered in tissue [90, 91]. However, this
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practice can lead to signal saturation for contrast concentration encountered
blood. Therefore Judd et al. suggested using higher flip angles [80]. We
decided to study the influence of a complete set of sequence parameters on
the signal vs. contrast relation, in order to optimize and validate the acquisi-
tion protocol for the perfusion quantification (Publication 1). This was first
done for the static tissue. The pulsatility-induced signal variation in blood
vessels [78] indicated a possible importance of the inflow effect on the arterial
input function (AIF), defined in blood. This was the motivation for an in-
vivo assessment of the inflow effect in the cardiac LV cavity, and in the aorta
(Publication 2). Although known theoretically [92], the inflow effect, of flow-
related enhancement (FRE), has been neglected in most perfusion studies.
A more detailed inflow effect study, correction and validation was performed
in a later stage (Publication 3). The inflow correction method was applied in
an absolute renal perfusion measurement in animal model (Publication 4).
Finally, after defining an optimal protocol in terms of signal-vs-contrast con-
centration behavior, the issue of spatial coverage in cardiac perfusion imaging
was addressed (Publication 5). The cardiac motion correction technique used
in our perfusion studies is presented in the Appendix.
2.1 Fast GREMR sequences optimization for
perfusion quantification
Pharmacokinetic studies of contrast media transit through a tissue can
be estimated with a magnetic resonance first pass imaging technique and
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contrast media injection. To extract physiological parameters from the time
transit curves, the signal intensity from the images has to be converted into
contrast medium concentration. In the case of extravascular contrast media,
such as gadolinium-diethylenetriaminepentaacetic acid, Gd-(DTPA), and the
fast compartmental exchange model, the relationship between the contrast
media concentration and 1/T1 can be approximated linearly: [Gd] ∼ 1/T1
[28]. Thus, a conversion from the signal intensity to the contrast media con-
centration can be established. The pharmacokinetic quantification method
consists of a multi-frame image acquisition of the same slice position; signal
intensity-to-contrast media concentration calibration giving an expression for
the concentration vs. time, C(t); and model fitting.
At the peak of the bolus, signal intensity saturation precludes the cali-
bration when the clinical dose of 0.1 mmol/kg is used [46]. Common practice
is to reduce the dose to avoid signal saturation. But in that case, the tissue
enhancement and contrast-to-noise ratio are decreased. Therefore, the MR
sequence optimization is important to compensate for the decreased image
quality related to the low dose of contrast media.
In Publication 1 we investigated the influence of the gradient echo (GRE)
sequence parameters on the contrast dynamic range and signal sensitivity to
optimize the MR sequence for contrast media pharmacokinetic assessment
in case of static tissue. Contrast dynamic range was defined as the contrast
concentration range associated with a signal intensity increase, and the signal
sensitivity as the initial slope of the signal intensity vs. contrast concentra-
tion relationship. These issues are important for the signal calibration [38]
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Figure 2.1: Left: signal sensitivity and contrast dynamic range illustration,
right: example of contrast dynamic difference for the FAST, FLASH, and
RF-FAST sequences on a contrast phantom.
for the perfusion quantification.
Signal-to-contrast behavior was thoroughly studied for the three versions
of the gradient-echo sequences (FLASH,FAST, RF-FAST) for a variety of
sequence parameters (FA, TR/TE/TI, matrix size, preparation pulses) on a
multi-tube contrast phantom. Results are summarized in the table 2.1.
CONCLUSION The Publication 1 provides the optimizationof the FAST/
RF-FAST sequence for pharmacokinetic assessment with contrast media. For
qualitative tissue response assessment and contrast, sensitivity is most im-
portant, and therefore the FAST sequence with 90◦ flip angle and long TIeff
(645 msec) is most suitable. On the other hand, for high contrast media
concentrations determination (e.g., in the renal pelvis) and for quantitative
analysis, contrast dynamic range is more relevant, and the maximum contrast
dynamic range is obtained with the RF-FAST sequence, 90◦ flip angle, and
shortest possible TE. The TI can be kept as short as possible to gain imaging
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Sequences FAST FLASH RF-FAST
Dynamic range short large large
Sensitivity high low low
Side band artifacts no yes no
Parameters
FA ↑⇒ CDR ↗, slope ↑↑ CDR ↑↑, slope ↘ CDR ↑↑, slope ↘
TE ↓⇒ CDR ↗ - CDR ↑↑, slope ↘
TI, 192× 256matrix No effect - No effect
TI, small matrices TIeff ↓⇒ CDR ↑↑, slope ↓↓ - No effect
Magn. prep,192× 256 weak initial slope variation - weak initial slope variation
Magn. prep,96× 256 weak initial slope variation - weak initial slope variation
Table 2.1: Results summary. FA, flip angle; TE, echo time; TI, nominal
inversion time; TIeff , effective inversion time; CDR, contrast dynamic range;
magn. prep, magnetization preparation rf pulses; ↑↑, ↓↓, strong increase or
decrease; ↗, ↘, moderate increase, or decrease. Effects on the FLASH
sequence have not been directly measured for all parameters, but can be
deduced by analogy to the RF-FAST sequence. Optimized parameters for
sensitivity: FAST sequence, 90 FA, long TIeff (’ 645 msec); and for contrast
dynamic range: RF-FAST sequence, 90 FA, shortest possible TE.
time. Magnetization preparation consisting of 90◦-180◦ pulses avoid arrhyth-
mia artifacts in vivo. In case of small matrix size and RF-FAST sequence,
a 90◦-110◦ magnetization preparation minimizes the artifacts occurring for
high T1 (840 to 2800 msec). The FLASH sequence suffers from artifacts with
flip angles higher than 12◦. The present assessment was carried out on a
static contrast concentration phantom. No blood flow effect has been con-
sidered in this part. The importance of the blood flow effect remains to be
investigated in a further study.
2.2 In-vivo inflow effect estimation
Another important issue that could lead to misleading results in perfu-
sion measurement is the inflow effect. With blood circulation fresh spins,
unexcited by the successive RF pulses enter the imaging slice. This inflow
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Figure 2.2: Schematic representation of slice acquisition timing,above: in the
heart, below: in the kidney. By placing the slices atextt different times in
the R-R cycle, they are affected by different flow velocities.
effect reduces the ”apparent T1” of blood and results in a flow-related signal
enhancement. Inter-image signal intensity variation due to the inflow effect
can be avoided with the use of ECG or PPG trigger. However, further stud-
ies were needed to assess the blood velocity dependence of the arterial input
function (AIF). In Publication 2 we measured the inflow effect in the heart
cavity and in the aorta. Phase contrast sequence was used for flow velocity
measurements, and several slices were acquired at various time of a cardiac
cycle using ECG and PPG trigger. Thus the arterial input functions was in-
fluenced by various flow velocities (fig. 2.2). Although a 90◦ flip angle yielded
maximal contrast dynamic range in-vitro, in-vivo it turned out to suffer from
severe flow and motion artifacts in the cardiac imaging. These were reduced
by using an intermediate flip angle of 40◦ with a still acceptable compromise
with the contrast dynamic range.
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As can be seen in the example of figure 2.3, inflow effect was substantially
higher in the aorta than in the cardiac cavity. Maximum blood speed over
the cardiac cycle averaged over 16 cardiac and 6 renal patients included in
this study was: 25 (± 8) cm/s in the heart left cavity, and 50 (± 7) cm/s
in the aorta at the abdominal level. No significant difference was found in
heart cavity signal intensity (SI) peaks at different times of cardiac cycle. In
the renal case, a relative difference of 117% (± 50%, P < 0.03) was found
































































































































































































































































































CONCLUSION The extent of the inflow effect depends upon the se-
quence and parameters, acquisition timing, and the hemodynamics of the
imaged region. Although locally velocities can be higher in the left ven-
tricle [93–95], the average velocity component perpendicular to short-axis
plane was limited to 25 cm/s. In the aorta, where the bloodflow is mainly
uni-directional, the everage maximum velocity component perpendicular to
the imaging plan was substantially higher, 50 cm/s. The inflow effect mea-
sured with the imaging protocol used in this study was negligible in the
heart cavity, but was important in the aorta, indicating a need for correction
for renal perfusion, and in case of arterial input function definition in the
descending aorta for the cardiac perfusion [47].
2.3 Inflow effect correction
Given the importance of flow-related signal overestimation found in-vivo
in the previous chapter, we undertook a more detailed study of the in-vivo
effect. First a flow-phantom experiment, with a MR-compatible flow appa-
ratus (fig. 2.4) was carried out. Signal intensity was measured as a function
of contrast concentration for various velocities, and a set of gradient-echo
sequence parameters based on previous sequence optimization, and clinical
practice.
After reducing the inflow effect with optimized sequence parameters, a
flow-adapted signal-to-contrast conversion was developed. In the next stage,
the experimental setup was slightly modified to inject contrast bolus into the
flow-phantom circulation, image it at a given flow speed, and collect samples
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Figure 2.4: Experimental setup. Closed circuit flowing Gd-DTPA solution
with a constant flow generating pump outside the MR room. Doses of Gd-
DTPA were injected into the water tank, and samples of the solution taken
for static calibration.
at the outlet of the magnet to determine concentration from static solution.
Contrast concentration derived by the standard, static calibration, and the
flow-corrected calibration was compared to the concentration in the outlet
samples. Finally, the flow correction method was validated in patients. Renal
MR perfusion imaging was performed on 13 patients as a bolus test prior to
MR angiography (MRA).
Two slices were superimposed on the same location. By changing the time
delay between the slice acquisitions patients were divided into two groups:
first (n=7) where both slices were acquired during diastole, and a second
(n=6) where one of the two slices was acquired during the systole of the first
R-R interval (inter-image delay), and the other during the diastole of the
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a) b)
Figure 2.5: SI-vs-Gd plots for RF-FAST and FAST sequences, 256 × 256
and 64 × 256 matrices, flow velocities ranging from 0 t0 80 cm/s. Sequence
parameters: 90◦-110◦ preparation pulses, TR/TE 5.74/2.1 ms, FA 90◦, sym-
metric encoding, sampling bandwidth 50 kHz. High velocity and long TIeff
lead to signal intensity saturation (a). Inflow effect is reduced for shorter
TIeff and the FAST sequence (b).
second R-R interval. The slices acquired in systole were thus flow-affected,
while the inflow effect was minimal during diastole. Aortic blood flow veloc-
ity was measured with a 2D phase contrast sequence prior to the perfusion
imaging. Aortic signal intensities from the flow-affected slices were converted
into concentration using both static and flow-corrected calibration methods
using the velocity from the 2D phase contrast MR sequence.
The RF-spoiled FAST sequence with a large matrix (long TIeff ) was the
most flow-sensitive (fig. 2.5 a). At highest velocity (80 cm/s) the strong signal
enhancement lead to immediate signal intensity saturation. By reducing the
number of phase encodes (and thus TIeff ) and not applying the RF-spoiling
the inflow effect was reduced (fig. 2.5 b).
Applying the static signal calibration on the in-vitro bolus lead to 3.2
times (p < 0.001) peak overestimation (fig. 2.6). After inflow effect cor-
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Figure 2.6: Phantom bolus curves without flow correction, flow-corrected,
and true Gd concentration from outlet samples (n=6). With static calibra-
tion the peak of the bolus is overestimated 3.2 times for a flow velocity of 40
cm/s, FAST sequence and 64× 256 matrix.
rection, no significant difference was observed with the true concentration
measured in the outlet samples (p > 0.65).
In patients, the contrast media first pass was observed visually in all the
slices, but the signal in the aorta was substantially higher in the systole-
acquired slices (fig. 2.7). Such difference was not seen when both slices were
acquired in diastole. By converting signal to concentration with the static
calibration, the peak of the bolus in the systole was overestimated 2.46 ±
0.3 times (p = 0.0083) in comparison with the diastole (fig. 2.8). After flow
correction this ratio was 1.19 ± 0.16, with no significant difference (p = 0.3).
The ratio of the peaks of the bolus for both slices acquired in diastole was
1.07 ± 0.09 (p=0.63).
The approach taken for correcting for the inflow effect presented here as-
sumes conditions of constant flow and that the flow velocity corresponds to
the average value measured across the vessel of interest using a phase contrast
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Figure 2.7: Selected frames of patient images (axial T1 fast GRE) acquired
during contrast media injection. Above) Slice 1 was acquired in systole, and
slice 2 in diastole. Important signal enhancement can be seen in slice 1,
but not in the static tissue like kidney. Below) Both slices were acquired in
diastole. Comparable aorta signal intensity is observed in both slices.
sequence. Although pulsatile and turbulent flow is known to exist in phys-
iological condition, these assumptions are a reasonable first approximation
if instantaneous velocity at the time of the center of k-space is considered,
since the central lines of k-space are responsible for the major part of signal
intensity. For this assumption to be applicable, ECG or PPG triggering is
necessary. Thus successive images in a dynamic sequence are influenced by
the same flow velocity of the cardiac cycle. In case only one image per cardiac
cycle is acquired, the inflow effect can be avoided by placing the slice acquisi-
tion during diastole, where the blood flow is minimal and can be considered
as constant [96]. In case of multislice acquisition or high temporal resolution,
the flow-affected slices acquired in systole need to be flow-corrected.
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Figure 2.8: Left: Signal intensity measured in the aorta. One slice was ac-
quired in systole (flow-enhanced, higher intensity curve) and the other during
diastole (low intensity curve). Right:arterial input functions: concentration
converted from the flow-affected signal curve with the static calibration, with
the flow-corrected calibration, and concentration obtained from the slice ac-
quired in diastole.
CONCLUSION The inflow effect results in an important signal intensity
enhancement and contrast dynamic range reduction of T1 GRE sequences.
The effect is more pronounced for high velocities, longer TIeff and the RF-
FAST (rf-spoiling) sequence, whereas the FAST (phase-alternated) sequence
is less flow-sensitive. Therefore, calibration methods based on static phan-
toms are not appropriate to accurately determine arterial input contrast
concentration from images affected by high flow and acquired with a flow-
sensitive sequence. The present work shows that the inflow effect can be
corrected by using the appropriate sequence and calibration method. Our
flow-corrected calibration method presents an important clinical potential for
improving the robustness and accuracy of the arterial input function deter-
mination in tissue perfusion quantification using MRI and contrast media.
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2.4 Absolute renal perfusion measurement
The infow-correction method, developed in the previous chapter, was
applied in this study whose aim was to validate the quantification of ab-
solute renal perfusion determined by dynamic magnetic resonance imaging
and contrast media. Renal perfusion (RP) remains difficult to measure non-
invasively [97]. Nowadays, magnetic resonance imaging (MRI) has become an
important tool for perfusion quantification. MRI offers high spatial and tem-
poral resolution as well as functional information about the kidney [54,98,99].
Phase-contrast MR techniques assess blood flow in arteries but not inside the
microvascularization of the organ itself [100]. Tissue perfusion can be studied
by spin tagging, but this technique remains a challenging method character-
ized by a poor signal-to-noise ratio and a low spatial resolution [36, 101].
Recently, we have used a new method measuring cortical perfusion on pa-
tients using dynamic MRI and contrast media injection [52]. Cortical per-
fusion measured in patients with renal artery stenosis and renal failure was
decreased by comparison with normal patients. However, in this preliminary
study, an accurate validation using a recognized gold standard was not avail-
able. Therefore in the present study, we present an experimental model in the
rabbit to validate the method of absolute RP measurement, where absolute
RP was defined as the maximum slope of the initial cortical perfusion curve
divided by the maximum of the arterial input function. As gold standard,
we used renal artery blood flow measurements obtained by an ultrasonic
flow-probe.
Absolute renal perfusion in basal state, after mechanical artery stenosis,
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intravenous dopamine, angiotensin II, or colloid infusion was measured using
dynamic MRI and intravenous injection of gadoteridol. The results were
correlated to the renal artery flow measured with the ultrasound flow-probe.
Renal perfusion was caculated using the up-slope method. Aortic signal
intensity for the arterial input function was converted to concentration using
both, static, and flow-corrected calibration method. Aortic blood flow was
measured with a phase contrast MR sequence.
Reproducible arterial and renal transit curves with excellent contrast to
noise ratio were obtained. The MRI-derived perfusion was underestimated
by comparison to the ultarsonic flow measurement at the renal artery. But
we still had a good linear correlation (r = 0.8), that was improved by the
inflow-effect correction, compared to the perfusion measurement using the
static calibration procedure (r=0.58, fig. 2.9).
CONCLUSION This study compares the MRI cortical perfusion mea-
sured by T1-weighted FAST gradient echo sequence and contrast media injec-
tion to the renal artery flow measured by ultrasonic transit-time flow-probe.
We found a good correlation between the MR calculated absolute RP and the
measured renal artery flow by the ultrasound flow-probe. Given the poten-
tial important value that renal perfuion MRI for renal function assessment,
notabely in renal artery-induce hypertension, further studies are needed to
evaluate its clinical role.
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Figure 2.9: Regression plot between the MRI calculated cortical RP and the
ultrasound-measured renal artery flow, with flow-corrected signal calibration
(above) and with static phantom signal calibration (below). A definitely
higher correlation (r=0.80) is obtained with flow-corrected signal calibration
than with static phantom signal calibration (r=0.58).
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2.5 Sampling strategy for increased spatial
coverage of the heart
After defining a robust, inflow effect-free protocole, with optimized sig-
nal sensitivity, contrast dynamics, image quality and artifact reduction we
addressed the question of increasing the spatial coverage of the heart. Lim-
ited spatial coverage remains a limitation of cardiac MR first pass perfusion
measurement. To overcome the MR hardware limitation of gradient power,
a possible solution is to reduce temporal frequency of image acquisition, but
it requires a slower bolus, and a higher contrast dose, to compensate for
the slower injection rate. This in contradiction with the common belief that
a sharp and narrow bolus (3 ml/s injection rate) is most appropriate for
measuring flow-related parameters. Also, lower contrast doses (0.02 to 0.05
mmol/kg) are commonly used for perfusion quantification compared to doses
used for qualitative assessment (0.1 mmol/kg), in order to avoid signal inten-
sity saturation [46]. Here we present a protocol consisting in a slower injection
of a higher contrast dose (0.08 mmol/kg at 0.5 ml/s injection rate), allow-
ing for slower acquisition with increased number of slices. Going to higher
contrast concentrations was enabled by the sequence’s previous contrast dy-
namics optimization. The protocol was assessed by numerical simulation and
a clinical study. In the simulation study, we synthesized two arterial input
functions corresponding to a narrow and a large bolus. Myocardial enhance-
ment was calculated from the AIF’s using the one-compartment model and
physiological values for the perfusion-related k1 and k2 parameters (fig. 2.10).
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Figure 2.10: Pseudo-data modeling the arterial input function for a) the
fast injection of a low dose (0.02 mmol/kg at 3 ml/s rate), and b) slow
injection of a higher dose (0.08 mmol/kg at 0.5 ml/s). Below each AIF is the
corresponding myocardial enhancement calculated from the AIF and initial
k1, k2 values using the one compartment model (full line). The data points
show the myocardial enhancement with added noise. The change of AIF
modifies the form of the myocardial enhancement.
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As shown in figure 2.10, the larger bolus results in a prolonged wash-in
and wash-out phase of the myocardial transit-time curve. This allows an
extended imaging time for lower sampling rate without significant loss of
information. Besides, injecting higher contrast dose gives higher contrast-to-
noise ration in the myocardium.
The perfusion-related coefficients were then fitted from the myocardial
transit-time curves after 20 iterations of Gaussian noise addition and under-
sampling, and compared to the initial perfusion values.
The bias of the average k1 value, as well as the standard deviation in-
creased as the sampling rate decreased (fig. 2.11). However, this was less
pronounced for the broad AIF of the slow injection protocol than for the
narrow AIF of the fast injection protocol. By slowly injecting a higher CM
dose as proposed here, the loss of precision due to undersampling k1 bias (of
the order of 2% for noise levels commonly measured in-vivo.) can be consid-
ered as acceptable in comparison with k1 determination errors of the order
of 25% reported in literature [38, 41], and in comparison with at least 50%
perfusion decrease searched for in infarcted tissue.This was not the case with
the narrow bolus. In a previous study of effect of sampling rate on perfusion
measurement by Kroll et al. [102], it was found that sampling rate of less
than one frame per heart beat lead to important loss of accuracy. This study
was performed only on a narrow bolus, and the same tendency is confirmed
in our study. With the large bolus, the perfusion mesurement showed higher
robustness and better accuracy with decreased sampling rate.




Figure 2.11: Fitted k1 values versus noise for a) full sampling, b) 4 times
under-sampling. An increase of the bias and standard deviation is observed
with increasing noise, and decreasing sampling rate, more pronounced for
the narrow than for the large bolus. Each point ± s.d is the result of 20
iterations.
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surement at rest in 12 patients with history of myocardial infarction using
201-Tl SPECT exam as reference. As a result of investigation from previous
chapters, we used a saturation-inversion prepared RF-FAST sequence with an
intermediate flip angle of 40◦, providing a compromise between initial signal
sensitivity, contrast dynamic range and image quality and flow and motion
artifacts. Respiratory motion correction used in this study is presented in the
Appendix [103,104]. Eight slices were acquired in four heart-beats using ECG
cardiac trigger. No significant loss of accuracy was found with a sampling
rate of one image per four heart beats in the simulation study. Perfusion
values were in good agreement with conventional litterature values, and a
decrease of perfusion at rest was detected in regions diagnosed as infarcted
by SPECT.
CONCLUSION A protocol consisting of slower injection of a higher con-
trast media dose overcomes the spatial limitation of cardiac MR perfusion
assessment. It allows for reduced temporal acquisition rate with still reliable
perfusion quantification. With increasing performance of the last generation
MR scanners, and acquisition acceleration parallel imaging techniques like
SENSE [105], reducing the sampling rate can still be of interest to increase
the in-plane resolution which is traditionnally of the order of 128×128 pixels.
A decrease in perfusion at rest in the infarcted regions, according to SPECT
scintigraphy, could be detected in patients. This technique has an important




Non-invasiveness, and high image quality and resolution are great advan-
tages of MRI as a tool for tissue perfusion and organ function assessment.
This thesis presents cardiac and renal MR tissue perfusion quantification us-
ing exogenous, extracellular contrast media, which have been clinically most
widely used contrast media for that purpose. Since there is still no general
agreement about sequence protocol choice, we carried out a thorough study
of influence of sequence parameters on signal and contrast behavior. Using
high flip angles and rf-spoiling yielded maximal contrast dynamics in-vitro,
avoiding signal saturation which precludes signal to concentration conversion.
However, in cardiac clinical practice, reducing flip angle to intermediate val-
ues reduces flow and motion artifacts, with a still acceptable compromise for
contrast dynamics, signal sensitivity and image quality. Higher initial signal
uptake was obtained without rf-spoiling. After static signal calibration, in-
flow effect was estimated in the heart cavity and abdominal aorta for arterial
input function determination in cardiac and renal first pass perfusion. It was
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found that with an appropriate choice of acquisition protocol, inflow effect
could be neglected in cardiac left cavity. In renal perfusion the inflow effect
remained important in the aorta in systole, showing a need for a correction
method. In a later stage, signal versus contrast concentration behavior was
studied for various velocities and several sets of sequence parameters. From
a set of parameters reducing the inflow effect, a new, flow-adapted signal
calibration procedure was developed, and applied in a dynamic phantom bo-
lus and in patients. The method was further applied in an absolute renal
blood flow measurement experiment, improving the accuracy of the blood
flow quantification. In the end, myocardial perfusion measurement was im-
proved by setting up a protocol allowing for full heart coverage. A numer-
ical simulation and a clinical study showed good accuracy of perfusion re-
lated parameters obtained. Also in terms of postprocessing, region-of-interest
(ROI) determination was improved by implementing a correction algorithm
for breathing-induced in-plane motion. The developments performed in this
thesis, and more generally, the intense research efforts by other MR research
groups give a great clinical potential to MR first pass perfusion. Important
progress has been achieved in the recent years: faster acquisition due to
stronger gradients and parallel imaging techniques (SENSE) with multiple
channel coils, signal profile correction, increased spatial coverage. Further
progress still remains to be done in order to increase the accuracy of per-
fusion quantification in terms of image quality and resolution to allow for
better subendocardial distinction. Possibility of 3D cardiac perfusion acqui-
sition could be investigated, but it will certainly request more sophisticated
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motion correction methods than the currently used 2D registration. This all
shows that physics will continue to bring important contribution to medical
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FAST Sequences Optimization for Contrast Media
Pharmacokinetic Quantification in Tissue
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The purpose of this study was to investigate the influence
of the fast gradient-recalled echo (GRE) sequence parame-
ters on the contrast dynamic range and signal sensitivity,
to optimize the magnetic resonance (MR) sequence for
contrast media pharmacokinetic assessment. Effects of
the fast low-angle shot (FLASH), Fast acquisition at steady
rate (FAST), and radiofrequency-spoiled (RF)-FAST se-
quence parameters were studied in vitro. The FAST se-
quence had the highest sensitivity in low gadolinium (Gd)
concentration. The FLASH and RF-FAST sequences had a
larger contrast dynamic range, but the FLASH images con-
tained side band artifacts. Increasing the flip angle to 90°
raised the sensitivity of the FAST sequence and the con-
trast dynamic range of the RF-FAST sequence. The short-
est possible TE was optimal for both contrast dynamics
and imaging time. TI had an influence on the sensitivity of
the FAST sequence only for small acquisition matrices.
This study indicates the optimal parameters for contrast
dynamics (RF-FAST, 90° flip angle, shortest possible TE)
and sensitivity (FAST, 90° flip angle, long TIeff).
J. Magn. Reson. Imaging 2001;14:771–778.
© 2001 Wiley-Liss, Inc.
Index terms: FLASH; FAST and RF-FAST sequences; pharma-
cokinetic assessment; signal calibration; contrast media; con-
trast dynamics; sensitivity
PHARMACOKINETIC STUDIES OF CONTRAST MEDIA
TRANSIT through a tissue can be estimated with a
magnetic resonance (MR) first pass imaging technique
and contrast media (CM) injection (1–7). To extract
physiological parameters from the time transit curves,
the signal intensity from the images has to be converted
into contrast medium concentration. In the case of ex-
travascular contrast media, such as gadolinium-dieth-
ylenetriaminepentaacetic acid (Gd-DTPA), and the fast
compartmental exchange model, the relationship be-
tween the contrast media concentration and 1/T1 can
be approximated linearly: [Gd] ; 1/T1 (8). Thus, a con-
version from the signal intensity to the contrast media
concentration can be established.
The pharmacokinetic quantification method consists
of a multi-frame image acquisition of the same slice
position; signal intensity-to-contrast media concentra-
tion calibration giving an expression for the concentra-
tion vs. time, C(t); and model fitting (1). Hence, the
importance of the calibration stage is seen.
At the peak of the bolus, signal intensity saturation
precludes the calibration when the clinical dose of 0.1
mmol/kg is used (9). Common practice is to reduce the
dose to avoid signal saturation. But in that case, the
tissue enhancement and contrast-to-noise ratio are de-
creased. Therefore, the MR sequence optimization is
important to compensate for the decreased image qual-
ity related to the low dose of contrast media.
Various sequences and parameters have been used
for dynamic imaging with contrast media. Most work on
dynamic imaging of cardiac and renal perfusion has
been done with the inversion prepared turbo fast low-
angle shot (FLASH) sequence and low flip angle
(2,10,11), but some success has also been achieved
with the FAST (12) sequence using a low flip angle and
the radiofrequency (RF)-spoiled FAST (RF-FAST), se-
quence with a high flip angle (3). However, to the best of
our knowledge, there has been no agreement on opti-
mized sequence parameters in terms of contrast dy-
namic range and sensitivity.
Contrast dynamic range is defined here as the con-
trast concentration range over which the signal inten-
sity increases, i.e., giving enough image contrast for
different T1 regions to be differentiated, and the sensi-
tivity is defined as the slope of the signal intensity vs.
concentration. The aim of this work is to perform a
systematic study of the influence of the sequence pa-
rameters on the contrast dynamic and sensitivity.
METHODS
The phantom used in the study was composed of 49
tubes of Gd-DTPA (Schering AG, Germany) with con-
centrations ranging from 0 to 50 mM. T1 and T2 relax-
ation times of the samples were previously calibrated
using a spin-echo sequence by varying, respectively, TR
and TE, and fitting the equation (where c is a constant
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depending on the sensitivity of the signal detection of
the scanner, and r expresses the spin density):
SI 5 c z r z ~1 2 exp~2TR/T1!! z exp~2TE/T2!
through 12 points for T1 and 19 points for T2. The
relaxivities obtained, r1 5 4.7 mM
-1s-1 and r2 5 5.16
mM-1s-1, were in agreement with published values (r1 5
4.1 mM-1s-1 and r2 5 5.5 mM
-1s-1) (13,14).
Images were acquired on an Eclipse 1.5-T MR system
(Marconi Medical Systems Inc, Cleveland, OH) with
magnetization prepared FLASH, FAST (12) (Fig. 1), and
RF-FAST sequences. The FAST sequence differs from
FLASH by an added rewinder phase gradient. The bal-
anced phase gradient refocuses a part of the transverse
magnetization, whereas in the FLASH sequence, the
transverse magnetization is completely destroyed due
to the unbalanced gradients (15). In addition to the
phase rewinder gradient, the RF-FAST sequence uses
RF phase shifts, as developed previously (16,17), which
spoil the residual transverse magnetization. All se-
quences were preceded by a magnetization preparation
that consisted of a non-selective 90° RF-pulse followed
by a spoiler gradient and a 180° RF-pulse followed by a
spoiler gradient (Fig. 1). Unless otherwise stated, se-
quence parameters were: the delay between the first
preparation pulse and the sequence acquisition block
(TI) 28 msec, body coil, flip angle 90°, repetition time
(TR) 6.42 msec, echo time (TE) 2.1 msec, sampling
bandwidth 31 kHz, matrix 192 3 256, symmetrical
encoding, field of view (FOV) 46 cm. Special care was
taken to insure constant inter-image delay (R-R) be-
tween the series that requested direct comparison. The
inter-image delay was kept between 1200 and 1600
msec, according to the automated parameter adapta-
tion of our scanner (Acuscant, Marconi Medical Sys-
tems Inc., Cleveland, OH). The Acuscant-controlled se-
quences and parameter variation range in the study
were chosen according to the clinical protocols used for
perfusion assessment (3).
The following parameters were studied: flip angle,
preparation pulses flip angles (P1 and P2 in Fig. 1),
inversion time, echo time and asymmetry, inter-image
(R-R) delay, phase conjugate symmetry, and matrix
size.
The flip angle was varied from 10° to 90°. Several
combinations of RF pulses for the magnetization prep-
arations were tested: 0° (i.e., no preparation), single
180° or 90° pulse, and the combination of a saturation
and inversion pulse 90°–180°. These are the magneti-
zation preparations most commonly used (2,18). Since
no agreement exists in the literature on which one to
use, we decided to perform a systematic comparison.
When considering the preparation time, the nominal
inversion time (TI) is defined here as the time from the
first inversion pulse to the beginning of the imaging
sequence block, whereas the effective inversion time
(TIeff) is the time from the first inversion pulse (P1 in Fig.
1) of the inversion block to the center of the k-space
acquisition.
The nominal TI was varied from 28 to 500 msec (cor-
responding to TIeff variation from 645 to 1116 msec)
with a large (192 3 256) acquisition matrix, usually
used to obtain high spatial resolution, and RF-FAST
sequence. The nominal TI was varied from 128 to 828
msec on a 64 3 128 matrix (TIeff was varied from 302 to
1002 msec). When the FAST sequence was used with a
128 3 256 matrix, the effective TI was varied by using
segmented acquisition with 16, 32, 64, and 128 num-
bers of views.
The influence of the echo time for an optimized TR
was studied. The modification of TE from 3 to 10 msec
was automatically associated with a TR modification
(from 8.53 to 16.51 msec) by the Acuscant system of
our scanner. This feature adjusts the TR to a given TE
in order to obtain the shortest acquisition time.
In the matrix size investigation, images were acquired
with the following matrix sizes: 72 3 128, 96 3 128,
72 3 256, 96 3 256, and 192 3 256. The images were
acquired in two ways: first only the matrix size was
varied, which in turn changed the TIeff; then TI was
consequently changed with matrix size variation, in or-
der to keep the TIeff constant. Increasing the number of
readout encodes from 128 to 256 automatically in-
creased the TR by 1 msec on our scanner.
Image Data Analysis
Phantom images were analyzed with an Interactive
Data Language (Research Systems Inc, Boulder, CO)
program. Circular regions of interest (ROIs) were drawn
around the tubes and mean intensity was calculated
inside them. Because it is the average signal intensity
and not the signal-to-noise ratio (SNR) that we are re-
porting here, it should not depend on pixel resolution
(19). The signal intensity of various MR sequences con-
figurations was plotted as a function of the gadolinium
(Gd) concentration. The sensitivities and the contrast
dynamic range were then measured from these plots.
Slopes of the curves over a 0–1 mM Gd concentration
range were calculated for the sensitivity evaluation.
Statistical t-test were performed on the slopes, yielding
P values for the significance of the difference between
them. Differences with a P value less than 0.05 were
considered statistically significant. The criteria for the
contrast dynamic range was chosen by a slope larger
than 0.48, yielding an error inferior to 25% in Gd con-
centration determination.
RESULTS
Results are summarized in Table 1.
Figure 1. Timing diagram for the FAST/RF-FAST sequence.
P1, P2, and P3 are the successive RF pulses.
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Flip Angle
For the FAST sequence, increased flip angle was asso-
ciated with an increase in the initial signal sensitivity
(Fig. 2). Increasing the flip angle from 10° to 90° in-
duced a 4.1-times higher initial sensitivity (P , 0.001).
The contrast dynamic range increase was extremely
weak: from 0–0.5 to 0–0.7 mM for a 10° to 90° flip angle
increase, respectively.
The contrast dynamic range increased substantially
for the FLASH and RF-FAST sequences (0–0.5 mM for
10°, 0–5 mM for 90°). In the case of the FLASH se-
quence, the images contained side-band artifacts in the
read direction (12,16). These artifacts appear as hyper-
intense bands across the image parallel to the fre-
quency encoding direction. The advantage of the RF-
FAST over the FLASH sequence is the absence of the
side-band artifacts.
On the other hand, the initial sensitivity was about
2.58 higher for the FAST sequence than for the RF-
FAST sequence with 90° flip angle over the initial (0–1
mM) concentration range (P , 0.001). The sensitivity of
the RF-FAST sequence was reduced by 21% for a flip
angle increase from 30° to 90°.
Type of Preparation
Changing preparation pulses had no effect on the con-
trast dynamic range regardless of the sequence or ma-
trix size. For the RF-FAST sequence and a 192 3 256
matrix (Fig. 3), applying a 90°–180° preparation in-
creased the sensitivity by 20% (P , 0.001), and by 45%
for the FAST sequence (Fig. 3, P 5 0.00326). The sen-
sitivity for the lower matrices followed the same trend,
but the analysis was more difficult due to artifacts.
When the RF-FAST sequence with small matrices (96 3
128) was used, we observed consistent ghosting in the
phase direction for low Gd concentration tubes. This
ghosting artifact was a spreading of the intensity outside
the phantom tube region. We tested several preparation
sequences: 90°–180°, 90°–110°, 90°–90°, 80°, 90°, 100°,
110°, 120°, and 130°. The image quality increased from
80° up to 110°, and degraded for higher preparation an-
gles at 120° and 130°. The image with the least artifact
persistence throughout the frames was the one with the
110° preparation or with 90°–110° preparation.
These artifacts could also be reduced by using the
shortest possible R-R intervals, or by imaging several
slices within an R-R interval with the non-slice selective
magnetization preparation.
Inversion Time
In the case of the RF-FAST sequence, the presence of a
magnetization preparation did not influence the image
quality. The TI variation did not alter the contrast dy-
namic range, and there was no significant sensitivity
difference (P $ 0.17).
When a 128 3 256 matrix and the FAST sequence
with a segmented acquisition were used, the initial sen-
sitivity variation was more pronounced (Fig. 4). Increas-
ing the TIeff from 91 to 780 raised the sensitivity five
times (P # 0.001). The contrast dynamic range fell from
0–6.4 to 0–0.8 mM, for the same TIeff variation. When
the nominal TI was changed to keep the TIeff constant,
the encoding size itself had no influence on the sensi-
tivity and contrast dynamic range.
Echo Time and Asymmetry
Regarding the echo time, the largest contrast dynamic
range was obtained with the shortest TE (Fig. 5), and
the initial part of the curve demonstrated a higher sen-
sitivity at longer TEs (36%, P , 0.001) for the RF-FAST
sequence. There was no change in the sensitivity of the
FAST sequence (P 5 0.252).
Strongly asymmetrical echo positions (e.g., lower
than 64 points for 256 readout points) resulted in image
smearing on the phantom in the read direction. For
echo positions between 64 and 128, the image quality
was acceptable in terms of smearing.
Matrix Size
Increasing the matrix size (with the concomitant TR
increase) resulted in a maximum sensitivity increase
Table 1
Results Recapitulation
Sequences FAST FLASH RF-FAST
Dynamic range Short Large Large
Sensitivity High Low Low
Side band artifacts No Yes No
Parameters
FA 1 f CDR m, slope _ CDR _, slope n CDR _, slope n
TE 2 f CDR m — CDR _, slope n
TI, 192 3 256 matrix No effect — No effect
TI, small matrices TIeff 2 f CDR _, slope + — No effect
Magn. prep, 192 3 256 matrix Weak initial slope variation — Weak initial slope variation
Magn. prep, 96 3 128 matrix Weak initial slope variation — Weak initial slope variation
FA, flip angle; TE, echo time; TI, nominal inversion time; TIeff, effective inversion time; CDR, contrast dynamic range; magn. prep,
magnetization preparation rf pulses (P1 and P2 from Figure 1);_,+, strong increase or decrease;m,n, moderate increase, or decrease.
Effects on the FLASH sequence have not been directly measured for all parameters, but can be deduced by analogy to the RF-FAST
sequence. Optimized paremeters for sensitivity: FAST sequence, 90° FA, long TIeff (’ 645 msec); and for contrast dynamic range: RF-FAST
sequence, 90° FA, shortest possible TE.
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of 20% (P , 0.001). The contrast dynamic range was
not affected (Fig. 6). The matrix size did have an
influence on the ghosting artifacts (see the “Prepara-
tion Type” section). When the TIeff was kept constant,
the matrix size itself did not influence the contrast
dynamic range and sensitivity.
Phase Conjugate Symmetry Reconstruction
Applying phase conjugate symmetry resulted in image
blurring: loss of sharpness was observed on the edge of
the phantom tubes. In terms of contrast dynamics and
sensitivity, there was no difference with phase conju-
gate symmetry (kernel 5 64) or without it (P 5 0.253).
Inter-image Delay (R-R)
For 192 3 256 matrices, there was no evidence of an
influence of the R-R delay on the contrast and the initial
sensitivity (P 5 0.208) in the images. In the case of 96 3
128 matrix, minimal R-R did reduce the phase direction
ghosting for low concentration tubes for the 90°–180°
magnetization preparation.
Figure 2. Phantom signal in-
tensity plot as a function of Gd
concentration for various flip
angles. Above: RF-FAST se-
quence, showing the important
increase of the contrast dynamic
range with increasing flip angle,
and 2.58 times lower initial
sensitivity than for the FAST
sequence. Middle: FLASH se-
quence. The peaks in the curve
result from the presence of the
side-band artifacts in the region
of interest. Below: FAST se-
quence, showing a high initial
uptake. TR/TE/matrix 5 6.42
msec/2.1 msec/192 3 256.
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DISCUSSION
Flip Angle
In previous studies (7,20) low flip angles were used
(8°–12°). For the number of pulses, n 3 ‘, the expres-




1 2 E1cos a
, where E1 5 exp~2TR/T1!.
The speed of convergence to the steady state highly
depends on E1 and a. A flip angle of 12° was optimal in
terms of signal strength and speed of convergence to-
wards the steady state for a given value of the TR/T1
ratio (20). Another reason for using low excitation an-
gles in the previous studies is the use of centric encod-
ing order, which is more sensitive to the filter-effect on
the intensities of the consecutive k-space lines, as the
magnetization approaches steady state. This effect is
reduced with low flip angles (20).
Here we want to distinguish the T1 values in the
widest possible range, i.e., we want to achieve a maxi-
mal contrast dynamic range. Therefore, the in vitro
results indicate that the RF-FAST sequence with a flip
angle of 90° is optimal. For qualitative perfusion anal-
ysis, contrast sensitivity is more relevant, and the FAST
sequence with 90° flip angle is preferable.
Judd, et al (21) previously reported 45° to be an op-
timal compromise between an extended contrast dy-
namic range and a loss of sensitivity on a snapshot-
FLASH sequence preceded by a series of dummy RF-
pulses. We measured a 21% loss of sensitivity by
increasing the flip angle from 30° to 90°. But the trade-
off for the important contrast dynamic range gain is
acceptable, since avoiding signal saturation is more
important and allows an increase of contrast dose when
the contrast-to-noise ratio is too low due to the sensi-
tivity loss.
Preparation Type
In case of a large matrix, the minimal effect of the
magnetization preparation on the sensitivity and no
effect on the contrast dynamic range could lead us to
consider it as unnecessary. However, in cardiac imag-
ing, magnetization preparation is not only important for
T1 weighting, but also because of cardiac arrhythmia or
failures in the triggering system. In case of arrhythmia,
a different amount of T1 relaxation will take place be-
cause of changes in the R-R interval, which will result in
signal and contrast representative of effects other than
the contrast agent passage.
The ghosting appearing at low Gd concentrations
(i.e., long T1) for a small matrix, RF-FAST sequence and
90°–180° preparation seems to be due to the residual
transverse magnetization. Since this T1 range (840 to
2,800 msec) can be encountered physiologically in fluid
Figure 4. Phantom signal intensity as a function of Gd con-
centration. FAST sequence and various encoding sizes, result-
ing in different TIeffs on a 128 3 256 image. Shorter TIeff yields
longer contrast dynamics range, but lower initial sensitivity. A
TIeff of 780 msec yields five times higher sensitivity than TIeff 5
91 msec (P , 0.001). The contrast dynamic range values for
TIeff 5 91 msec/133 msec/220 msec/390 msec/780 msec are,
respectively: 0–6.4/0–3/0–1.6/0–0.8/0–0.2 mM. FA/TR/
TE 5 90°/5.42 msec/2.1 msec.
Figure 3. Phantom signal intensity plots as a function of Gd
concentration for no magnetization preparation and 90°–180°
preparation pulses. Above: RF-FAST. Sensitivity ratio (initial
slope ratio) of 90°–180°-prepared image over no preparation
image is 1.2 (P , 0.001). Below: FAST. Sensitivity ratio of
90°–180°-prepared over no preparation image: 1.45 (P 5
0.0032). FA/TR/TE 5 90°/6.42 msec/2.1 msec.
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collections, a 90°–110° magnetization preparation in-
stead of 90°–180° should be used for clinical applica-
tions to minimize these artifacts when small matrices
are used.
Inversion Time
The effect of the TIeff on the FAST sequence and seg-
mented phase encoding (Fig. 4), also observed with the
turbo-FLASH sequence (2,6), suggests that the TI
should be chosen according to the desired effect, con-
trast dynamic range or sensitivity, and the type of anal-
ysis (quantitative or qualitative). For comparison, the
sensitivity of the FAST sequence with a 192 3 256
matrix and nominal TI of 28 msec (TIeff 5 645 msec) was
not significantly different (P . 0.05) from a TIeff of 780
msec. Therefore, a TIeff of the order of 645 msec yields
maximal sensitivity, and lengthening the nominal TI
would unnecessarily lengthen the imaging time.
The stronger effect of the TIeff variation on the FAST
than on the RF-FAST sequence is due to the absence of
transverse magnetization spoiling. Because of this, the
residual transverse magnetization is re-phased after
successive pulses, and thus enhances the signal of the
FAST sequence.
The result that TI variation had no effect on the sen-
sitivity and contrast dynamics of the RF-FAST se-
quence with a large acquisition matrix could at first
seem contradictory with some previous studies (2).
However, our result is explained by the fact that the
large (192 3 256) matrix and symmetric encoding order
make the TIeff too long for an effect of the nominal TI
variation to appear in the images. This result is also in
agreement with the theoretical expectations. Calcula-
tion of the signal intensity by using the equation for the
RF-FAST signal intensity from the Appendix of refer-
ence (1) yields no difference with TI variation and the
other parameters set to our experimental conditions. In
this case, the preparation is not used for the T1 contrast
weighting, but for avoiding arrhythmia artifacts. There-
fore, a magnetization preparation block needs to be
kept, but TI should be set as short as possible to reduce
imaging time.
Echo Time
The faster decay for the longer TEs at higher Gd con-
centrations is expected from theory, and is due to the T2
effect. The signal intensity decreases at high contrast
doses (e.g., 20 mM) but is not null. Therefore, the some-
times confusing dark band occasionally observed in the
renal pelvis or bladder due to the T2 effect in high
contrast concentration areas is no longer present.
Figure 6. Phantom signal intensity as a function of Gd con-
centration, RF-FAST sequence, FA 5 90°, matrix size varia-
tion. Matrix sizes: 96 3 128 (TR 5 5.42), 192 3 256 (TR 5
6.42). The higher signal of the 192 3 256 matrix is an effect of
the concomitant TR increase rather than of the resolution
difference.
Figure 5. Phantom signal intensity as a function of Gd con-
centration. Above: RF-FAST sequence, TE variation. As TE
increases, stronger saturation occurs at higher concentrations
due to the predominant T2 effect. The shortest TE (3 msec)
yields the largest contrast dynamic range: 0–4 mM, while it is
reduced to 0–2.2 mM for TE 5 10 msec. Longer TE curves
demonstrate higher initial sensitivity (slopeTE 5 10msec/
slopeTE 5 3msec 5 1.36). Below: FAST sequence. Shorter TEs also
yield a longer contrast dynamic range, but the sensitivity re-
mains constant (P 5 0.252). FA/TR/matrix 5 90°/6.42 msec/
192 3 256.
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As TE and TR increase, the signal increases in the
initial concentration range for both FAST and RF-FAST
sequences, which is a T1 effect. While this increase is
simply an offset for the FAST sequence, for the RF-FAST
sequence, it is accompanied by a slope increase. This
seems to be a T2 effect since longer TE allows more
transverse coherence creation, which in turn reduces
the RF spoiling efficiency, and the sensitivity ap-
proaches that of the FAST sequence.
Matrix Size
From theory, the average signal intensity in a ROI is
expected to remain constant when the resolution is
changed (19). The discrepancy between the 192 3 256
and 96 3 128 signal intensities observed (Fig. 6) is
explained by the increase of TR when the number of
readout encoding steps doubles.
Study Limitations
The disadvantage of high flip angles is the substantially
increased specific absorption rate (SAR), passing from
0.12 W/kg for 10° to 2.91 W/kg for 90°, or a 90 kg load,
six-slice acquisition, and an R-R delay of 2055 msec. If
necessary, SAR can be reduced to 2.32 W/kg by apply-
ing an 80° flip angle instead of a 90° flip angle without
an important loss of contrast.
We did not measure directly the sensitivity and con-
trast dynamic range of the MR sequence with centric
encoding. According to Larsson, et al (7) and our expe-
rience, centric encoding suffers from severe artifacts,
especially when high flip angles are used. In addition,
the effect of centric encoding is mainly to reduce the
effective inversion time. Therefore, the effect of the cen-
tric encoding can be deduced from our experiments on
the segmented acquisition.
The present assessment was carried out in vitro on a
static phantom. No blood flow effect has been consid-
ered in the present study, since it is generally accepted
that these effects can be neglected. The arterial input
function is defined during diastole by electrocardio-
gram (ECG) gating, where the flow velocity is low, and
the inflow effects are expected to be small in the left
cavity. However, the exact importance of the flow effect
remains to be investigated in a further study using a
high flip angle and a fast GRE sequence.
CONCLUSIONS
The present study provides the optimization of the
FAST/RF-FAST sequence for pharmacokinetic assess-
ment with contrast media. For qualitative tissue re-
sponse assessment and contrast, sensitivity is most
important, and therefore the FAST sequence with 90°
flip angle and long TIeff (645 msec) is most suitable. On
the other hand, for high contrast media concentrations
determination (e.g., in the renal pelvis) and for quanti-
tative analysis, contrast dynamic range is more rele-
vant, and the maximum contrast dynamic range is ob-
tained with the RF-FAST sequence, 90° flip angle, and
shortest possible TE (Fig. 7). The TI can be kept as short
as possible to gain imaging time. Magnetization prepa-
ration consisting of 90°–180° pulses avoid arrhythmia
artifacts in vivo. In case of small matrix size and RF-
FAST sequence, a 90°–110° magnetization preparation
minimizes the artifacts occurring for high T1 (840 to
2800 msec). The FLASH sequence suffers from artifacts
with flip angles higher than 12°.
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Purpose: To estimate the effect of the inflow effect on the
arterial input function in vivo in cardiac and renal MR
perfusion imaging using fast gradient echo (GRE) se-
quences and contrast media.
Materials and Methods: The MR exam protocol was de-
signed to acquire images at different phases of the cardiac
cycle. The arterial input was thus influenced by various
blood flow velocities.
Results: It was found that the inflow effect was negligible in
the left ventricle of the heart, while it was significantly
higher in the aorta for the kidney perfusion measurement.
This was principally due to the higher through-the-plane
component of the blood flow velocity in the aorta than in the
left ventricle.
Conclusion: The inflow effect can be neglected in the heart
cavity, but should be taken into account in renal perfusion.
Key Words: inflow effect; FAST sequence; RF-FAST se-
quence; cardiac MR perfusion; renal MR perfusion.
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MAGNETIC RESONANCE FIRST PASS IMAGING
TECHNIQUE and contrast media injection have been
largely used for tissue perfusion quantification (1–8).
Several models for tissue perfusion quantification have
been proposed: the one compartment analysis (2), ab-
solute blood flow quantification based on the up-slope
method (4), and semiquantitative index (myocardium
up-slope/blood up-slope) (9). All these models require
the determination of the arterial input function. The
tissue signal response depends on the shape of the
bolus, which depends on the injection dose and rate
and is subject to dispersion. Herein lies the importance
of an accurate arterial input function determination.
The inflow, or time-of-flight (TOF) effect is a source of
imprecision in its determination. This effect is well
known (10) and results in flow-related enhancement
(FRE). Therefore signal to concentration conversion
done with external calibrations on static phantoms is
expected to lead to an overestimation of the arterial
input function, and hence to the underestimation of the
perfusion values. Generally, the inflow effect is not cor-
rected in tissue perfusion measurements. Initially,
when single-slice imaging was used, the inflow effect
was avoided by acquiring the slice during diastole. Cur-
rently, with the increased performance of MR systems
and the reduced imaging time that allow multislice ac-
quisition with a high time sampling rate, part of the
data is acquired during systole. Therefore it is impor-
tant to address the inflow effect issue.
In a previous assessment of the inflow effect on fast
T1-weighted gradient echo (GRE) MR sequence in a flow
phantom (11), it was found that the inflow effect re-
sulted in an important signal intensity (SI) enhance-
ment and contrast saturation for the RF-spoiled GRE
sequence, at high flow rates and using a large acquisi-
tion matrix. This effect was reduced by using a GRE
sequence with no RF-spoiler and reduced matrix size.
Our aim here is to estimate the extent of the inflow
effect in vivo, for the arterial input signal in the left
ventricle (LV) for cardiac perfusion, and in the aorta for
renal perfusion imaging. This can be done either by
blood sampling (1,12–14) or, as proposed here, by ac-
quiring images at various blood flow velocities and com-
paring signal intensities. As the first method is highly
invasive, it is difficult to apply to patients. It has a
limited time-sampling frequency, and the output is dis-
tant from the imaging location. We present in vivo mea-
surements of the inflow effect in two important cases,
the heart and the kidney, by measuring signal intensity
in the left ventricle and in the aorta at different times of
the R-R cycle, corresponding to different inflow veloci-
ties.
MATERIALS AND METHODS
Eight cardiac patients (all male, mean age 60  11
years) with coronary heart disease and no acute symp-
toms, six renal patients (five males, one female, mean
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age 51  12) suffering from arterial hypertension ad-
mitted for MR angiography (MRA) in search for renal
artery stenosis, and seven healthy volunteers (six
males, one female, mean age 32  8) were included in
the study. The cardiac MR exams were repeated within
a three-month interval. An informed consent was ob-
tained before each MR exam in agreement with the
ethical rules of our institution. Blood-flow velocity was
measured with a phase-contrast sequence (short-axis
orientation for the heart, transverse for the kidney, ve-
locity-encoding gradient perpendicular to the imaged
slice, maximum velocity encoding  200 cm/second) in
volunteers for the heart (11 measurements on seven
volunteers) and in patients (N  6) for the aorta.
Cardiac Protocol
Imaging was carried out on an Eclipse 1.5T MR system
(Philips Medical Systems, Cleveland, OH) with an RF-
spoiled gradient echo sequence (RF-FAST) and follow-
ing parameters: TI/TR/TE  28/3.74/1.5 msec, 50
kHz bandwidth, 40° flip angle (FA), 90°–180° prepara-
tion pulses, and a 112  128 matrix. A cardiac coil and
ECG trigger were used. Eight slices (four short-axis,
and four long-axis) were acquired during two to four
cardiac cycles, depending on patient’s heart rate. The
slices were positioned at various phases of the cardiac
cycle (Fig. 1), and were thus influenced by different flow
velocities. We assumed the center of the k-space to be
the most flow-sensitive. A bolus of 0.08 mmol/kg Gd-
DTPA was injected in a brachial vein at 0.5 mL/second
injection rate followed by 10 mL of isotonic saline with
a Medrad Spectris MR injector. Arterial input func-
tions were measured in the left ventricle in the four
short-axis slices.
Renal Protocol
Perfusion imaging was performed as a bolus test for the
determination of the injection timing prior to MRA. A
gradient-echo sequence (FAST) was used with TI/TR/
TE  28/5.33/1.9 msec, 50 kHz bandwidth, 80° FA,
90°–180° preparation pulses, and a 64  256 matrix. A
flex coil and peripheral pulse gating (PPG) trigger were
used and two axial slices were acquired over two heart-
beats. One of the two slices was acquired during sys-
tole, at the maximum flow velocity, and the other during
diastole (Fig. 1), where the inflow effect is minimal (15).
A bolus of 2 mL Gd-DTPA was injected in a brachial vein
followed by 20 mL of isotonic saline at a 3 mL/second
injection rate. Arterial input functions were measured
in the aorta.
Data Analysis
Signal intensity was averaged in user-defined regions of
interest (ROI) in the left ventricle cavity and the aorta
using IDL 5.4 software (RSI, Boulder, CO). Correspond-
ing ROIs were also defined for the phase images. The
average flow speed perpendicular to the imaging slice
was calculated using the Q-flow package on the MR
console. Differences in the SI peaks of the bolus in each





The ratios of the SI peaks of the two renal slices
acquired at different phases of the R-R cycle were cor-
related to the flow differences of the corresponding car-
diac phases. ANOVA and statistical t-tests were per-
formed to determine the significance of the SI peak
differences between slices (with significance level P 
0.05).
RESULTS
An example of multislice temporal sequence of heart
perfusion images is presented in Figure 2, and a se-
quence of the two renal slices in Figure 3. The corre-
sponding signal intensities in the LV cavity and in the
aorta are plotted in Figure 4. From visual inspection
comparable signal intensities can be observed in all
four short-axis views of the left ventricle. In the kidney
image substantially higher signal intensity in the aorta
can be observed in the slice acquired during systole,
while the signal in static tissue (kidney) is comparable
in both slices. Quantitative analysis results are sum-
marized in Table 1. In the LV cavity no significant dif-
ference was found between the SI peaks, neither for the
short-axis view, nor between short-axis and long-axis
views. In the descending aorta the SI peak was signifi-
cantly higher in the systole than in the diastole, and a
high correlation R  0.92 was found between the sys-
tole/diastole SI peak ratio and the corresponding flow
difference (Fig. 5).
DISCUSSION
For the clinical protocols presented here the inflow ef-
fect was important in the aorta, and negligible in the left
ventricle. The insignificance of the inflow effect in the
left ventricle is in agreement with previous studies in
Figure 1. Schematic representation of slice acquisition tim-
ing, above: in the heart, below: in the kidney. By placing the
slices at different times in the R-R cycle, they are affected by
different flow velocities.
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which arterial input functions in the heart were vali-
dated by blood sampling (1,12–14), although these
used lower flip angles and inversion-prepared fast low
angle shot (IR-FLASH) or inversion-prepared fast gradi-
ent echo (IR-FGRE) sequences. The extent of the inflow
effect depends upon the sequence and parameters, ac-
quisition timing, and the hemodynamics of the imaged
region. The nature of the hemodynamics in the aorta is
different from the hemodynamics in the left ventricle. In
the aorta, despite the turbulences and pulsatility, the
flow is mainly unidirectional due to aortic geometry.
The flow component perpendicular to the imaging plane
remains high. The situation is much more complex in
the heart. Blood flow must obey the laws of conserva-
tion of mass, momentum, and energy, but due to the
complex geometry of the beating heart and valves the
exact determination of local blood flow patterns is ex-
tremely difficult and even now not completely eluci-
dated. Several studies based on in vivo measurements
(16,17) and simulations (18) show LV flow patterns with
multidirectional orientation of the velocity vectors. Ac-
cording to Mohiaddin (16), the blood jet rushes into the
left ventricle from the atrium and is decelerated by
impinging on the ventricular wall. By placing the slices
below the valves (1 cm) the maximum blood flow ve-
locity is avoided. Although local velocities can reach
Figure 2. Selected frames of patient cardiac images (short-axis T1 fast GRE) during contrast media injection. Signal intensity
in the LV is comparable in all four slices.
Figure 3. Selected frames of patient images (axial T1 fast GRE, acquired during contrast media injection). Slice 1 was acquired
in systole (velocity  50 cm/second), and slice 2 in diastole (velocity  5 cm/second). Signal enhancement in the aorta can be
seen in slice 1, but not in static tissue like the kidney.
374 Ivancevic et al.
higher values, the average overall component perpen-
dicular to the imaging plane in the short-axis was only
25 cm/second.
MR protocols were designed according to clinical
practice (4), and sequence optimization in terms of ini-
tial sensitivity (slope of the signal intensity–Gd concen-
tration relationship), dynamic range (Gd concentration
range associated with a signal intensity increase), and
flow sensitivity of the sequence (11). In a phantom
study, using a 90° FA yielded maximal dynamic range
(19). However, in our clinical practice 90° FA resulted in
flow and motion artifacts in heart imaging. These were
reduced by using 40° FA, which still provided an ac-
ceptable compromise between dynamic range, initial
sensitivity, and image quality.
In the cardiac protocol, the four short-axis slices in-
cluded in our study were acquired at different R-R
phases and different locations. Although this study fo-
cuses on the inflow effect across the short-axis plane,
since blood flows mainly along the long-axis direction of
the LV, long-axis views still provide a useful means of
separating inflow effects from other mechanisms that
may cause arterial input function (AIF) variability.
Therefore short-axis AIF were compared to the long-
axis AIF, despite the increased difficulty to define ROIs
in the long-axis views due to increased frame-to-frame
deformations. The statistical insignificance of the
short-axis vs. long-axis signal peak difference confirms
the insignificance of the inflow effect in the LV for the
protocol presented here.
In the renal protocol, where the initial tissue response
is important, a gradient-echo sequence with no RF
spoiler (FAST) and 80° FA, optimized for flow sensitivity
(11), was used. Using smaller flip angles would reduce
the flow sensitivity of the sequence, but in that case the
plateau in the SI-vs.-[Gd] is reached at lower concen-
trations (19,20), which is unsuitable for quantification.
Therefore we chose the strategy of keeping the flip angle
high.
A possible limitation of the study is that the signal
intensity difference is compared between the systole
and diastole, considering diastole as the reference, and
Figure 4. Signal intensities. a: measured in the LV for the four
cardiac short-axis slices (0.08 mmol/kg Gd-DTPA injected at
0.5 mL/second rate). b: in the aorta (2 mL of Gd-DTPA injected
at 3 mL/second rate; high intensity curve  systole slice, low
intensity  diastole slice).
Table 1
Maximum Velocity and Signal Intensity Peak Variation in the LV and Aorta
Heart Kidney (aorta)
N 16 6
vmax (cm/s) 25 ( 8) 50 ( 7)
Bolus peak variation () 16% ( 5%, P  0.9, short axis) 117% (50%, P  0.03)
Short axis vs. long axis bolus peak variation () 15% ( 12%, P  0.6) –
Number of measurements N, maximum velocities, and SI bolus peak variation for the heart (ROI in the LV cavity), and kidney (ROI in the
aorta).
Figure 5. The ratio of the aorta SI peaks of the two renal slices
acquired at different phases of the R-R cycle correlated to the
flow differences of the corresponding cardiac phases measured
in the same ROI. High correlation, R  0.92, was found.
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neglecting the difference between diastole and purely
static blood. Also, in the heart the input function was
defined only in the LV cavity and not in the ascending
aorta. The aorta’s visibility depended on the heart ori-
entation and was at the limit of the cardiac coil recep-
tion range, which did not allow comparison with the LV
cavity.
In conclusion, the inflow effect can be neglected in
cardiac perfusion imaging. Thus data from multiple
slices can be combined for a higher precision of the
arterial input function. In renal perfusion imaging, the
inflow effect in the aorta is important and requires ei-
ther data acquisition in diastole or an inflow effect cor-
rection.
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Inﬂow Effect Correction in Fast Gradient-Echo
Perfusion Imaging
Marko K. Ivancevic,1* Ivan Zimine,1 Xavier Montet,1 Jean-Noel Hyacinthe,1
Franc¸ois Lazeyras,1 David Foxall,2 and Jean-Paul Valle´e1
The purposes of this study were to assess the extent of the
inﬂow effect on signal intensity (SI) for fast gradient-recalled-
echo (GRE) sequences used to observe ﬁrst-pass perfusion,
and to develop and validate a correction method for this effect.
A phantom experiment with a ﬂow apparatus was performed to
determine SI as a function of Gd-DTPA concentration for vari-
ous velocities. Subsequently a ﬂow-sensitive calibration
method was developed, and validated on bolus injections into
an open-circuit ﬂow apparatus and in vivo. It is shown that
calibration methods based on static phantoms are not appro-
priate for accurate signal-to-concentration conversion in im-
ages affected by high ﬂow. The ﬂow-corrected calibrationmethod
presented here can be used to improve the accuracy and robust-
ness of the arterial input function (AIF) determination for tissue
perfusion quantiﬁcation using MRI and contrast media. Magn
Reson Med 50:885–891, 2003. © 2003 Wiley-Liss, Inc.
Key words: FAST and RF-FAST MR sequence; perfusion imag-
ing; signal calibration, inﬂow effect; contrast media
Magnetic resonance imaging (MRI) following contrast me-
dium injection has been successfully used to observe ﬁrst-
pass tissue perfusion of myocardium and kidney (1–7).
Simply observing image intensity changes following con-
trast medium injection, or employing semiquantitative
methods based on the up-slope of the tissue signal vs. time
curve (8), or on the relative perfusion index (9), is not
sufﬁcient for assessing blood ﬂow into the target organ.
This has led to the development of more sophisticated
techniques to quantify the uptake of contrast medium in
tissue (3,5).
Various sequences have been used for dynamic imaging
with contrast media, among which FLASH (2,10,11),
FAST (12) and RF-spoiled FAST (RF-FAST) are the most
commonly used. Fast gradient-echo sequences (FAST and
RF-FAST) have previously been optimized in terms of
contrast dynamics range and signal sensitivity (13) on a
static phantom. We deﬁne “contrast dynamic range” as the
range of contrast concentration over which signal intensity
(SI) increases, and “sensitivity” as the slope of SI vs. con-
trast concentration curve.
For T1-weighted imaging sequences, image SI is strongly
dependent on contrast levels, because 1/T1 is proportional
to contrast medium concentration (14). Calibration of SI
vs. contrast medium concentration is usually carried out
with external static phantoms (1,4,9), but this does not
address nuclear relaxation issues due to blood ﬂow that
arise in the physiological situation. The inﬂow of fresh
blood with fully polarized spins shortens the “apparent
T1” of vessels, which exhibit a signal intensity increase
(known as the time-of-ﬂight (TOF) effect or ﬂow-related
enhancement (FRE)) (15). While this effect is exploited in
MR angiography (MRA) (16), in perfusion imaging it leads
to an overestimation of the arterial input function (AIF)
and, in turn, to an underestimation of the perfusion values.
Therefore, we consider that the inﬂuence of the inﬂow
effect on contrast dynamics is an important issue. The
aims of this work were to estimate the extent of the inﬂow-
induced SI increase for the FAST and RF-FAST sequences,
and to develop a correction method using a ﬂow appara-
tus. As in vivo validation, the correction method was then
applied to measure the AIF in the aorta of patients for
various blood ﬂow velocities.
MATERIALS AND METHODS
Static Calibration
An SI vs. 1/T1 relationship was previously developed for a
static multiple-tube Gd-DTPA phantom for FAST and RF-
FAST sequences (13). Average SI was measured in regions
of interest (ROIs) inside phantom tubes and plotted vs. Gd
concentration. Fitting functions of type y  a  b(1 
exp(x/c)) through this data provides a relationship be-
tween SI and Gd concentration. An unknown Gd concen-
tration can thus be determined in newly acquired images,
provided they contain a known T1 reference for scaling
pixel values to the calibration curve level. This kind of
procedure has been well validated (1,4).
Flow Apparatus
An MR-compatible ﬂow apparatus was constructed to de-
termine the relationship between SI, ﬂow velocity, and Gd
contrast medium concentration (Fig. 1). In the recirculat-
ing mode, a laboratory-modiﬁed, variable-speed pump
(Gardena 4000S) generated a closed-circuit, continuous
ﬂow of Gd-DTPA doped solution for velocities in the range
of 0–80 cm/s. Doses of Gd-DTPA were injected into the
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water tank. The velocity range used with the phantom was
chosen to match the velocity range measured for the aorta
and left ventricle in six human volunteers using a vali-
dated phase contrast sequence. The continuity of the ﬂow
was checked by Doppler ultrasound. Samples were taken
from the circulating solution for every measurement to
allow concentration determination against a static calibra-
tion phantom.
A transverse section of the tube was imaged on a 1.5T
Eclipse MR system (Philips Medical Systems, Cleveland,
OH) using FAST and RF-FAST sequences with the follow-
ing parameters: FA  90°–110° for the preparation pulses,
TR/TE  5.74/2.1 ms, FA  90°, symmetric encoding, and
matrix sizes 64 256 (TIeff 211 ms), 128 256 (TIeff
395 ms), and 256  256 (TIeff  763 ms). The effective TI
(TIeff) is the time from the ﬁrst preparation pulse to the
center of the k-space acquisition. The choice of sequence
parameters was based on clinical practice (3) and sequence
optimization (13). The tube with the ﬂowing solution was
rolled in a loop upstream of the imaging plane (Fig. 1).
Thus all of the imaged spins were affected by the nonsen-
sitive preparation pulses before they entered the imaging
plane.
To test the calibration derived from signal measure-
ments made in the recirculating mode, the experimental
setup was modiﬁed to enable bolus injections using an
open circuit mode. A contrast bolus was injected (10 ml of
20 mM Gd-DTPA at 3 ml/s, followed by 10 ml saline) into
the ﬂuid stream (v  40 cm/s), and samples were collected
at the outlet every 2 s during image acquisition. These
were later calibrated against the multiple-tube phantom to
determine the Gd contrast medium concentration at the
outlet. The extent of bolus dispersion between the imaging
point and the outlet point was investigated in a separate
experiment. The outﬂow tube was extended and the nor-
mal outlet point was placed in the imaging plane so that
both points could be simultaneously imaged and the bolus
proﬁles compared.
Calibration in the Recirculating Mode
Data analysis was done with Interactive Data Language
(IDL) 5.4 (RSI, Boulder, CO). SIs were measured and aver-
aged over a circular ROI in the cross section of the ﬂow
tube, to match the procedure done in the aorta. SI vs.
gadolinium concentration curves were constructed for var-
ious ﬂow velocities (0–80 cm/s) and matrix sizes (64 
256, 128  256, and 256  256). Since a 2% SI variation
was observed for differences in inter-user ROI deﬁnition,
we deﬁned the criteria for the contrast dynamic range so
that a 0.1-mM [Gd] increase induced at least a 2% increase
of the curve ﬁtting the SI data. From the SI-vs.-Gd curves,
we subtracted the baseline (i.e., SI(0)), and calculated
functions of type y  a  x  b  x2  c  exp(x/d) ﬁtting the
Gd concentration vs. SI  SI  SI(0) for all velocities
(including the static case, v  0 cm/s).
Contrast Bolus Measurement in the Open Circuit Mode
In the validation experiment, the two kinds of calibration
(static and ﬂow-corrected) were applied to the bolus im-
ages, and the respective Gd concentrations were compared
to the true concentration measured in the outlet samples.
Bolus concentrations calculated with and without ﬂow
correction were plotted vs. time, and outlet sample con-
centrations were superimposed on the same plot. To vali-
date the ﬂow-corrected bolus curve, an application of the
Henriques-Hamilton principle (17) was used. The contrast
dose injected in the bolus was calculated from the integral
of the bolus concentration vs. time curve (17) and com-
pared to the known injected dose:
m  F   ctdt [1]
where m is the total injected amount, F is the ﬂow, and c
is the measured concentration.
In Vivo Application
Renal MR perfusion imaging was performed on 13 patients
(seven males and six females, mean age  52  12 years)
as a bolus test prior to MRA. Informed consent was ob-
tained from each patient in accordance with the ethics
guidelines of our institution. A FAST sequence was used
FIG. 1. Experimental setup. Closed-circuit
ﬂowing Gd-DTPA solution with a constant-
ﬂow generating pump outside the MR room.
Doses of Gd-DTPA were injected into the
water tank, and samples of the solution were
taken for static calibration.
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with a ﬂex coil, a photoplethysmogram (PPG) trigger, and
the following parameters: FA  80°, 90°–180° preparation
pulses, TI/TR/TE  28/5.33/1.9 ms, matrix  64  256,
slice thickness  10 mm, and one image per two heart-
beats. Two slices were superimposed on the same location.
By changing the time delay between the slice acquisitions,
patients were divided into two groups: one (n  7) in
which both slices were acquired during diastole, and one
(n  6) in which one of the two slices was acquired during
the systole of the ﬁrst R-R interval, and the other during
the diastole of the second R-R interval. The slices acquired
in systole were thus ﬂow-affected, while the inﬂow effect
was minimal during diastole, according to Zheng et al. (18)
and as veriﬁed with our phantom experiment (Fig. 2f).
Aortic blood ﬂow was measured with a 2D phase contrast
sequence prior to the perfusion imaging (transverse orien-
tation, phase-encoding gradient perpendicular to the im-
aged slice, and maximum velocity encoding  200 cm/s).
Aortic SIs from the ﬂow-affected slices were converted
into concentration using both static and ﬂow-corrected
calibration methods. The choice of the calibration curve
was determined by the blood velocity at the time of the
k-space center, as measured by the phase contrast se-
quence.
Statistical Analysis
Curve ﬁtting was performed using the Marquardt ﬁtting
algorithm. Student’s t-test was used to determine the dif-
ference of means with signiﬁcance level P 	 0.05. All
calculations were carried out using the IDL 5.4 software.
FIG. 2. SI-vs.-Gd plots for RF-FAST and FAST sequences (256 256, 128 256, and 64 256 matrices, with ﬂow velocities ranging from
0 to 80 cm/s). Sequence parameters: 90°–110° preparation pulses, TR/TE  5.74/2.1 ms, FA  90°, symmetric encoding, sampling
bandwidth  50 kHz. a and b: High velocity and long TIeff lead to SI saturation. Inﬂow effect is reduced for shorter TIeff and the FAST
sequence (f).
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RESULTS
Calibration in the Recirculating Mode
Figure 2 shows the SI-vs.-Gd concentration plots. In the
case of the large matrix (256  256, TIeff  763 ms) and
80 cm/s ﬂuid velocity, the inﬂow induced a large signal
enhancement leading to immediate SI saturation. For all
velocities the difference in the curve shape between the
RF-FAST and FAST sequences was negligible, whereas
the results were substantially different on a static phan-
tom (v  0 cm/s curve). With fewer phase-encoding
steps (128 and 64), a decrease of the inﬂow effect was
observed. In the case of the 64  256 matrix (TIeff 
211 ms), there was a substantial decrease of the inﬂow
effect on both the contrast dynamic range (CDR) and the
signal sensitivity (see Table 1 for CDR values), and the
FAST sequence was found to be less ﬂow-sensitive than
the RF-FAST version.
Contrast Bolus Measurement in the Open-Circuit Mode
In the bolus injection experiment, converting SI into con-
centration by the static calibration led to a 3.2-fold (P 	
0.001) overestimation of the peak of the bolus (Fig. 3).
When the ﬂow-corrected calibration was applied, no sig-
niﬁcant difference was observed with the true concentra-
tion measured in the outlet samples (P 
 0.65). The bolus
dose calculated from the outlet samples and the ﬂow-
corrected bolus curve (0.186 and 0.21 mmol, 0.02 SD) were
both in good agreement with the injected dose (0.2 mmol
(Fig. 4)). The dose calculated from the outlet samples had
no signiﬁcant difference from the injected dose (P 
0.225). The ﬂow-corrected bolus curve yielded a dose
within 7% precision compared to the injected dose (P 	
0.001). The uncorrected bolus curve yielded a 0.476 mmol
dose (0.03 SD), which is 2.38 times more than the injected
amount (P 	 0.0001).
In Vivo
Visually, an important SI increase in the aorta was ob-
served in the ﬁrst slice acquired in systole, but not for
the second one acquired in diastole. This difference was
not seen when both slices were acquired in diastole (Fig.
5). There was no signiﬁcant difference between the AIFs
of the slices acquired during diastole (P  0.636), but a
large overestimation was observed in the slice acquired
during systole (Fig. 6). By converting signal to concen-
tration with the static calibration, the peak of the bolus
was overestimated 2.46 times (P  0.0083), while there
was no signiﬁcant difference from the concentration
obtained at low ﬂow (P  0.402) after ﬂow correction.
The overestimation was more pronounced for high
blood ﬂow velocity. As shown in Fig. 7, using the cor-
rection induced a signiﬁcant reduction of the peak of the
bolus error for high ﬂow (from 180%  37% to 21% 
15%, P 	 0.0001).
DISCUSSION
Fluid inﬂow results in both a strong increase in the abso-
lute image signal and a severe reduction in the dynamic
range of contrast enhancement, which affects the accuracy
of the signal-to-concentration conversion with the static
calibration method. These effects were more pronounced
for the RF-FAST sequence and long TIeff (i.e., large matri-
ces), whereas the FAST sequence and short TIeff led to less
ﬂow-sensitive images. Applying the ﬂow-corrected cali-
bration method to the bolus injections accurately deter-
mined the contrast concentration, and showed the impor-
tant overestimation of the AIF when the inﬂow effect was
not considered.
Table 1
Contrast Dynamic Range Values (mM)
256  256 64  256
v (cm/s) 0 50 0 50
RF-FAST 2.8 0.3 2.8 1.9
FAST 1 0.3 2.2 1.9
The inﬂow effect results in a contrast dynamic range reduction.
FIG. 3. Phantom bolus curves without ﬂow correction, ﬂow-cor-
rected, and true Gd concentration from outlet samples (N 6). With
static calibration the peak of the bolus is overestimated 3.2 times for
a ﬂow velocity of 40 cm/s, FAST sequence, and 64  256 matrix.
FIG. 4. Injected contrast dose calculated by the Henriques-Hamil-
ton principle from the bolus curves (Fig. 3) compared to the known
injected dose (straight line: 0.2 mmol).
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While the shape of the SI-vs.-Gd curves was substan-
tially different between FAST and RF-FAST sequences in
the static case (13), with the inﬂow effect these curves
became alike (Fig. 2a and b). In the absence of transverse
magnetization spoiling, the residual transverse magnetiza-
tion was rephased after successive RF pulses, which en-
hanced the signal of the FAST sequence compared to the
RF-FAST sequence, especially for the longer T1 values.
The inﬂow of fully polarized spins led to a similar effect
on the signal of the RF-FAST sequence. This explains the
FAST-like behavior of the RF-FAST SI-vs.-Gd curve in the
case of inﬂow, and suggests that the inﬂow effect is far
larger than the intrinsic T1 weighting difference between
the two sequences.
The approach taken for correcting for the inﬂow effect
presented here assumes conditions of constant ﬂow, and
that the ﬂow velocity corresponds to the average value
measured across the vessel of interest using a phase con-
trast sequence. Although pulsatile and turbulent ﬂow is
known to exist in physiological conditions, these assump-
tions are a reasonable ﬁrst approximation if instantaneous
velocity at the time of the center of k-space is considered,
as it was validated in vivo. For this assumption to be
applicable, ECG or PPG triggering is necessary. Thus suc-
cessive images in a dynamic sequence are inﬂuenced by
the same ﬂow velocity of the cardiac cycle. If only one
image per cardiac cycle is acquired, the inﬂow effect can
be avoided by placing the slice acquisition during diastole,
where the blood ﬂow is minimal and can be considered as
constant (18). However, if a multislice acquisition is re-
quired, inﬂow effect correction is necessary for the slices
acquired during systole. A possible application of a mul-
tislice acquisition is in the search for a polar renal artery
stenosis. The ﬂow correction method developed here has
an important clinical potential for accurate AIF determi-
nation in renal and cardiac perfusion quantiﬁcation,
where the shape of the bolus can modify the time transit
curve. Analysis of time transit curves in clinical practice
requires the determination of the slope (19), or the maxi-
mum (3) of the AIF. Therefore, our method is expected to
improve such measurements. Applying our ﬂow-correc-
tion method requires that the blood velocity be measured
with a phase contrast sequence prior to perfusion imaging.
However, this does not signiﬁcantly prolong the MR exam
time.
Study Limitation
The ﬂow-dependent calibration was developed and vali-
dated for a speciﬁc sequence, a chosen set of parameters,
and a speciﬁc MR system. The signal calibration is not
independent of the MR system or sequence. Therefore, our
ﬂow-corrected calibration cannot be directly applied to
images acquired with other MR systems, sequences, and
parameters, but has to be redone, which is quite a time-
con-suming procedure.
Potential users of this method should be aware that the
inﬂow effect is not the only source of imprecision in per-
fusion quantiﬁcation. Other issues (not treated here), such
as partial volume averaging, slice proﬁle (18), and tissue
FIG. 5. Selected frames of patient images (axial T1 fast GRE, acquired during contrast media injection. a: Slice 1 was acquired in systole,
and slice 2 in diastole. Important signal enhancement difference in the aorta can be seen between slices, but not in static tissue (e.g.,
kidney). b: Both slices were acquired in diastole. Comparable aorta SI is observed in both slices.
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water exchange affecting the signal enhancement (20)
should also be considered.
CONCLUSIONS
The inﬂow effect results in an important SI enhancement
and CDR reduction of T1 GRE sequences. The effect is
more pronounced for high velocities, longer TIeff, and the
RF-FAST (RF-spoiling) sequence, whereas the FAST
(phase-alternated) sequence is less ﬂow-sensitive. There-
fore, calibration methods based on static phantoms are not
appropriate to accurately determine arterial input contrast
concentration from images affected by high ﬂow and ac-
quired with a ﬂow-sensitive sequence.
The present work shows that the inﬂow effect can be
corrected by using the appropriate sequence and calibra-
tion method. Our ﬂow-corrected calibration method has an
important clinical potential for improving the robustness
and accuracy of the AIF determination in tissue perfusion
quantiﬁcation using MRI and contrast media.
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Noninvasive Measurement of Absolute Renal Perfusion by
Contrast Medium-Enhanced Magnetic Resonance Imaging
Xavier Montet, MD,* Marko K. Ivancevic, MSc,* Jacques Belenger, MD,† Manuel Jorge-Costa,†
Sybille Pochon, MD,‡ Antoinette Pechère, MD,§ Franc¸ois Terrier, MD,* and
Jean-Paul Vallée, MD, PhD*
Objective: The aim of this study was to validate the quantification
of absolute renal perfusion (RP) determined by dynamic magnetic
resonance imaging (MRI) and contrast media using an experimental
model in the rabbit and a transit-timed ultrasound flow probe around
the left renal artery as comparison.
Material and Methods: An MR-compatible ultrasonic time-of-
flight flow-probe was placed around the left renal artery in 9 new
Zealand white rabbits. Absolute RP in basal state, after mechanical
renal artery stenosis, intravenous dopamine, angiotensin II, or col-
loid infusion was measured using dynamic MRI and intravenous
injection of gadoteridol. The results were correlated to the renal
artery flow measured inside the magnet with the transit-timed
flow-probe. For the signal intensity concentration conversion, we
applied different calibrations according to various velocities mea-
sured in the aorta by a phase contrast sequence to correct for inflow
effect. MRI-derived RP (in mL/min) was calculated by the maxi-
mum upslope method, where RP/volume was defined as the ratio of
the cortex contrast enhancement slope over the maximum of the
arterial input function determined in the aorta.
Results: Reproducible arterial and renal transit curve with excellent
contrast to noise ratio were obtained. The MRI derived perfusion
was systematically underestimated by comparison to the ultrasonic
transit-timed flow-probe but was linearly correlated with these
measures (r  0.80, P  0.001).
Conclusions: Using a flow-sensitive calibration, an accurate arterial
input function can be measured from the blood MR signal and used
in a realistic model to assess the RP. There was a good correlation
between the MR-derived RP and the renal artery blood flow mea-
sured by the flow-meter. This experimental study validates absolute
RP quantification by MRI and contrast media injection and justifies
further clinical studies.
Key Words: MRI, dynamic images, renal circulation, contrast
media, perfusion
(Invest Radiol 2003;38: 584–592)
Renal perfusion (RP) remains difficult to measure nonin-vasively.1 Nowadays, magnetic resonance imaging (MRI)
has become an important tool for perfusion quantification.
MRI offers high spatial and temporal resolution as well as
functional information about the kidney.2–4 Phase-contrast
MR techniques assess blood flow in arteries but not inside the
microvascularization of the organ itself.5 Tissue perfusion
can be studied by spin tagging, but this technique remains a
challenging method characterized by a poor signal-to-noise
ratio and a low spatial resolution.6,7 Recently, we have used
a new method measuring cortical perfusion on patients using
dynamic MRI and contrast media injection.8 Cortical perfu-
sion measured in patients with renal artery stenosis and renal
failure was decreased by comparison with normal patients.
However, in this preliminary study, an accurate validation
using a recognized gold standard was not available. Therefore
in the present study, we present an experimental model in the
rabbit to validate the method of absolute RP measurement,
where absolute RP was defined as the maximum slope of the
initial cortical perfusion curve divided by the maximum of
the arterial input function. As gold standard, we used renal
artery blood flow measurements obtained by an ultrasonic
transit-timed flow-probe.
Description of the Method
This study was performed after acceptance by the Ethic
Committee at the University of Geneva and was in accor-
dance to the guidelines for the care and use of laboratory
animals. Nine white New-Zealand rabbits were included in
this study (body weight, 2.6-4.9 kg), separated in 2 groups. In
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the first group, each rabbit (n  4) had contrast media
injections under basal condition followed by a mechanical
stenosis around the left renal artery or by a hyperosmolar
infusion. In the second group of rabbits (n  5) the measure-
ments were performed in basal condition and after intrave-
nous injection of dopamine (2-5 g kg1 minute1) or
angiotensin II (50 ng kg1 minute1).
We compared the MR absolute regional perfusion cal-
culated by the upslope method with a reference measure
taken with a transit-timed flow-probe placed directly around
the left renal artery of the rabbits.
The Upslope Method
This method is an adaptation from the procedure de-
veloped by Peters et al with technetium 99m for nuclear
medicine.9,10 These authors assumed that an extravascular–
extracellular contrast media can be approximated as micro-
spheres before the contrast media leaves the kidney. In case
of MRI, this hypothesis is justified because most of the
gadolinium chelate has the same pharmacokinetic properties
as technetium 99m.11 According to the microsphere theory,
RP is related to the amount of contrast media trapped in the







where RP is the renal perfusion, CO is the cardiac output,
Mkidney the amount of contrast in the kidney, and Mtotal the
total amount of contrast media injected. Gd-DTPA concen-








Where [Gdtissue] is the concentration of gadolinium in the
tissue and R1 the relaxivity of the contrast media. As signal
intensity per unit of volume is measured on MRI, both Eqs.






 renal “trapped”  Volume
R1  Mtotal
(3)
Where (1/T1)renal“trapped” is the amount of contrast me-
dium that remains trapped in the kidney.
Unlike microsphere, gadolinium chelate leaves the kid-
ney, hence the concentration of the contrast media trapped in
the kidney can be extrapolated from the initial part of the
perfusion curve (max slope of this curve) before any venous
















Where (1/T1)art dt is used for arterial concentration.
The total amount of injected contrast media is also related to
the arterial integral by the following equation:
Mtotal
CO
R1  1T1artdt (5)
Combining the Eqs. (3) and (5) gives the formula to










The renal perfusion per unit of volume (RP) is equal to
the maximum slope of contrast media uptake divided by the
maximum 1/T1 of the aorta.8 An important point is that no
relaxivity values are needed because only relative concentra-
tion are required in Eq. (6).
Flow-Probe Measurement
Renal arterial blood flow was measured with ultrasonic
transit-timed flow-probe (series S, Transonic, Ithaca, NY).
The flow-probe was connected to a digital flow-meter (T106,
Transonic) to control the total blood flow passing through the
left renal artery. MRI imaging could not be performed simul-
taneously with the flow-probe measurement because interfer-
ences caused image artifacts. Therefore, the flow-probe was
turned off during image acquisition. For this reason, only the
flow values immediately before and after image acquisition
were available. Only cases where the variation of flow were
less than 15% during the MR study were retained in this study
and analyzed. We started images acquisition during normal,
increased, or decreased renal blood flow, as indicated by the
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flow-meter. We took care to be in steady state condition (after
modification of the total renal blood flow by any methods)
before starting the MR acquisition, ie, when the renal flow
was stable as indicated by the ultrasonic transit-timed flow-
probe. Absolute RP in basal state (number of injection: n 
15), after mechanical stenosis (n  3), after dopamine injec-
tion (20 g kg1 minute1; n 6) or angiotensin II injection
(50 ng kg1 minute1; n  5) and after colloid infusion (n 
1) was measured using dynamic MRI and intravenous con-
trast media injection and correlated to the renal artery flow
measured inside the magnet with the MR compatible ultra-
sonic transit-timed flow-probe.
Animal Preparation
Before the surgery, each animal was premedicated with
5 mg/kg of Rompun® xylazine intramuscularly. After 10
minutes, a vascular access was placed in the vein of the ears,
permitting the injection of 4 mg/kg of Rompun® xylazine, 1
mg/kg of Dormicum, and 0.04 mg/kg of Atropine. General
anesthesia was maintained with continuous injection of Keta-
lar 50 mg/mL (ketamine) and Vetranquil 10 mg/mL
(acepromazine) in a mixture of 10 mL Ketalar with 2.4 mL
Vetranquil®. The injection rate was between 1.3 to 1.6
mL/kg/h. All rabbits underwent volume expansion with iso-
tonic saline solution to avoid dehydration. The animal stayed
in spontaneous ventilation.
After shaving and disinfecting the abdomen, a median
laparotomy gave a good access to the left kidney and to its
pedicle. A careful 2-cm dissection of the left renal artery
allowed to placed the transit-timed flow-probe and the small
mechanical occluder on the artery. The occluder was a home-
made device with an inflatable balloon inside an open ring,
which once closed created a progressive renal artery stenosis.
The transit-timed flow-probe was maintained in place by a
small suture in the perirenal fat. After controlling the stability
of the flow measurements, the abdominal cavity was closed.
The surgery time was approximately 1 hour. The anesthetized
animals were then transported to the MR system. Here,
anesthesia was maintained during all image acquisitions.
After the completion of MR acquisition, the animals were
killed with a bolus injection of anesthesia and KCl.
Perfusion Sequence in MR
Before the acquisition of dynamic sequences, we ac-
quired SE T1-weighted (TR/TE 447/14 milliseconds, 512 
512 matrix, number of averages  3) and FSE T2-weighted
(TR/TE 4618/126 milliseconds, echo train length  16,
512  512 matrix, number of averages  2) images of the
kidney for evaluation of renal anatomy on an Eclipse 1.5T
MR system (Philips Medical System, Cleveland, OH). The
perfusion sequence, during the intravenous injection of Ga-
doteridol (32 mmol/kg; Bracco Research, Geneva) followed
by a saline flush (5 mL), consisted of single 10-mm slices
acquired in the transverse plane through the kidneys using a
fast GRE sequence (FAST) with a symmetric encoding and
an arrhythmia-insensitive, nonselective, 90°-180° magnetiza-
tion preparation. Imaging parameters were: head coil, TR/TE
4.49/1.9 milliseconds, FA 90°, field of view approx. 25 cm
(according to the animal size), 64  256 matrix with sym-
metric encoding, ECG triggered. Blood velocity in the aorta
was measured with a phase contrast sequence before each
contrast injection. Because of the small volume of contrast
media injected, the use of an automatic injector was not
possible and the injections were performed by hand.
Data Analysis
A reference tube with known T1 value (130 millisec-
onds) was imaged with each rabbit to correct for differences
in signal reception. To convert the signal intensity into 1/T1
a flow-corrected calibration previously described12 was used:
contrast media solution flowing in a closed-circuit apparatus
was imaged at various velocities and concentrations, samples
were collected for static phantom calibration, and signal
intensities-versus-gadolinium concentration curves for vari-
ous flow velocities and matrix sizes were constructed. Inflow
effect was taken into account in the signal intensity-to-
contrast media concentration calibration.13 This flow phan-
tom study was acquired at a different time, in a previous
validation study. The measure of signal intensity was corre-
lated through a look up table during this experiment. To
assess the effect of the flow-corrected calibration, analyzes
were repeated using a static phantom signal intensity calibra-
tion. To assess the upslope model, analyzes were also made
taking into account only the maximum slope of the renal
cortical enhancement. As the acquisition were ECG triggered,
we assumed that dynamic sequences were influenced by the
same flow velocities in each images, thus corresponding to
systematical error.
Regions of interest (ROI) were drawn manually in the
renal cortex of all the rabbits. We took care to avoid partial
volume during the ROI definition. For the determination of
the arterial input function, intensity profile was calculated for
a circular ROI in the aorta. To avoid variations in the peak of
the bolus, only pixels with intensities above the full width at
half maximum (FWHM) of the intensity profile were retained
for the arterial input function. The RP was calculated by the
maximum upslope method,8 where the absolute RP is defined
as the maximum slope of the initial cortical perfusion divided
by the maximum of the arterial input function. A flow
correction was then applied. All the MR RP values were
multiplied by the volume of the cortex measured from the
manually segmented SE T1-weighted images to obtained the
cortical perfusion of the whole kidney. As MR image allowed
to differentiate zone (cortex and medulla) in the kidney, we
were interested in determining the cortical perfusion rather
than the total RP.
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RESULTS
All the results are summarized in Table 1. In 2 injec-
tions, the mechanical occluder was not efficient during all the
acquisition time (rabbit number 1 and 3), so these data were
rejected. In 2 others injections, the left renal artery blood flow
was not stable during the acquisition time (rabbit number 6
and 7). These data were not included. In 2 others cases, we
encountered problems during the intravenous injection of
contrast media, ie, high resistance during the injection (rabbit
number 5 and 7); these data also were rejected.
Internal Quality Criteria
A careful analysis of the SE T1- and T2-weighted
sequence permitted us to exclude renal pathology or injury
from the surgery. Dynamic images of good quality were
obtained for all rabbits. The volume of the kidney was 4725.7
mm3 ( 772.2 mm3) as calculated on the SE T1-weighted
sequence. Examples of selected time frames for rabbits with
left renal artery stenosis and after intravenous injection of
angiotensin II are presented in Figures 1 and 2 respectively.
Apart from 2 animals with which we have had problems
TABLE 1. MR and Ultrasound Blood Flow (mL/min) in Each Animal. Pre Indicates Value Obtained Pre-imaging. Post Indicates
Value Obtained Post-imaging.
Rabbits Conditions MR Blood Flow Ultrasound Blood Flow (Pre) Ultrasound Blood Flow (Post) Included/Excluded
1 Basal state 34.1 48.0 47.0 Included
1 Basal state 28.0 48.0 47.0 Included
1 Stenosis 7.2 3.0 45.0 Excluded*
2 Basal state 11.4 26.5 27.0 Included
2 Basal state 26.9 28.5 29.0 Included
2 Stenosis 19.7 4.0 1.0 Included
3 Basal state 40.4 60.0 55.0 Included
3 Basal state 31.7 56.0 51.0 Included
3 Basal state 47.8 63.0 63.0 Included
3 Stenosis 15.3 5.0 68.0 Excluded*
4 Basal state 33.3 36.5 44.0 Included
4 Basal state 36.1 43.0 44.0 Included
4 Basal state 29.1 44.0 48.0 Included
4 Physiogel 37.7 80.5 91.0 Included
5 Basal state 19.4 28.0 28.0 Included
5 DOPA 17.0 26.0 26.0 Included
5 ANGIO-II 9.3 12.0 13.0 Excluded†
6 Basal state 25.0 41.0 23.0 Excluded*
6 DOPA 24.6 63.5 59.5 Included
6 ANGIO-II 3.8 10.0 9.0 Included
7 Basal state 25.3 32.0 34.0 Excluded†
7 DOPA 28.2 39.2 24.5 Excluded*
7 ANGIO-II 15.0 25.0 21.0 Included
8 Basal state 23.0 20.0 20.0 Included
8 DOPA 15.0 11.0 16.5 Included
8 ANGIO-II 7.6 3.0 6.5 Included
8 Basal state 23.0 16.0 20.0 Included
9 Basal state 14.8 37.0 37.0 Included
9 Basal state 28.1 33.5 34.0 Included
9 DOPA 22.6 38.5 39.0 Included
9 ANGIO-II 7.6 12.0 15.0 Included
9 DOPA 5.9 14.5 19.0 Included
*Problems as a result of the instability of the renal artery flow.
†Problems during injection of contrast media.
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during contrast media injection, we observed a good repro-
ducibility of the peak of the arterial input function as well as
of the enhancement of the kidney. The maximum of the peak
in the aorta was 3.33 1/T1 (1/s)  1.39 (1/s). The mean aorta
velocity was 50 cm/s as given by the phase sequence acquired
before each dynamic MR.
In normal kidney, soon after the arrival of the bolus in
the aorta, the cortex enhanced first, then the medulla and
finally we observed the excretory phase of the contrast media
in the pyelocaliceal cavity.
In the rabbits with mechanical stenosis of the left renal
artery, we observed a delayed and weaker enhancement of the
left cortex compared with the right side (Fig. 1). An example
of aortic and renal response to the injection of contrast media
is presented in Figure 3. After the mechanical stenosis was
induced, a decrease of the maximum slope of the RP curve
was seen, corresponding to a decrease of the absolute RP
(Fig. 3).
After angiotensin II perfusion (Fig. 2), we observed a
slight enhancement of the cortex. The analysis by ROI also
demonstrated a decrease of the maximum slope of enhance-
ment curve compared with basal state and so a decrease of
absolute renal cortical perfusion (Fig. 4).
After intravenous injection of dopamine or colloidal
solution perfusion, we observed a strong and short enhance-
ment of the cortex. In these cases (colloid solution or dopa-
mine infusion), we observed a strong enhancement of the
renal cortex, and the analysis by ROI showed an increase in
the slope of the cortical enhancement compared with basal
state and so an increase of the absolute renal cortical perfu-
sion.
In total, we covered a range of arterial blood flow from
6 to 95 mL/min as measured by the transit-timed flow-probe.
The MR calculated cortical perfusion was comprised between
3.8 and 47.8 mL/min when the inflow effect was taken into
account and between 1.8 and 22.5 mL/min without flow
correction. The MR-derived cortical perfusion was linearly
correlated to the renal blood flow measured by the ultrasonic
transit-timed flow-probe (Y  0.45 * X  8.142, r  0.80;
P  0.001). When the non flow-corrected SI calibration was
used, the correlation decreased (Y  0.14 * X  5.38, r 
0.48; P  0.0123). Both correlation’s slope were statistically
different (P  0.001). Without flow correction, an underes-
timation of the renal cortical perfusion by almost a factor 2.5
was found by comparison to the results obtained with flow
corrected calibration (Fig. 5). A simple analysis including
only the maximum slope of the cortical enhancement com-
pared with the measured blood flow with the transit-timed
give a poor correlation with and without flow corrected
calibration (Fig. 5).
DISCUSSION
This study validated an in vivo and noninvasive method
for the determination of the absolute RP by MRI and intra-
FIGURE 1. Selected time frames of axial images acquired with a FAST sequence after injection of Gd-DTPA in a rabbit with left renal
artery stenosis. Soon after the arrival of the bolus in the aorta, a strong enhancement in the right cortex and a delayed and weaker
enhancement in the left cortex is observed. This asymmetric enhancement is well seen on the second selected frames (14.7
seconds post arrival of the contrast in the aorta).
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venous injection of contrast media. The correlation found in
this study (r 0.8, P  0.001) is in the range of correlation
found with other techniques such as ultrasound,14 CT15,16 and
nuclear medicine.10,17 It is also known that MRI had a role to
play in the functional evaluation of the kidney.4,18–20
Our model is based on an optimized first-pass RP
protocol.21,22 By using a FAST sequence with optimized
parameters,13 we avoided signal saturation at high contrast
media concentration, hence permitting to make quantitative
and not only qualitative analysis. The reproducibility of the
arterial input function as well as the nonsaturated signal
demonstrated the efficiency of the calibration procedure. A
visual evaluation of the cortical enhancement is not sufficient
for a precise evaluation of the cortical vascularization. A
quantitative analyzes based on time transit curves is needed to
correctly assess the cortical RP. In this study, we reproduced
the methodology of 2 previous studies.8,12 As the time reso-
lution was high, and the bolus was short, the slope of the
wash-in of the time transit curve begins and ends abruptly
(see Figs. 3 and 4), allowing an accurate determination of the
FIGURE 2. Selected time frames of axial images acquired with a FAST sequence after injection of Gd-DTPA in a rabbit after injection
of angiotensin II (50 ng/kg/min). Soon after the arrival of the bolus in the aorta, we observed a less pronounced but symmetrical
enhancement of both kidneys. A visual analysis of the cortical enhancement is not sufficient in this case, and a quantitative analysis
is needed for a precise evaluation of renal cortical blood flow.
FIGURE 3. Arterial and cortical transit curves obtained after injection of Gd-DTPA in the rabbit with left renal artery stenosis
presented in Figure 1. After defining ROIs in the aorta and in the left cortical region, the SI was converted into 1/T1. An important
decrease of the maximum slope of the cortical transit curve between the normal (●) and stenosed () kidney is observed. As the cortical
RP is directly proportional to the slope of the transit curve, an important decrease of the total cortical perfusion is calculated. The
absolute RP was 26.9 mL/min before the stenosis was turned on and 19.7 mL/min after the stenosis was turned on.
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time range used for the maximum slope determination. As an
improvement, automatic analyze with gamma variate should
also be evaluated in future work.
This model of analysis increased the correlation be-
tween the MRI-derived RP and the blood flow measured in
the renal artery. As it can be seen in Figure 5, the correlation
FIGURE 4. Arterial and cortical transit time curves obtained after injection of Gd-DTPA in the rabbit presented in Figure 2 after
injection of angiotensin II. An important decrease of the maximum slope of the cortical transit time curve was obtained after
injection of angiotensin II () compared with normal kidney (●). In this case, the absolute renal cortical perfusion was 23.0 mL/min
before the injection and 7.6 mL/min after the injection of angiotensin II.
FIGURE 5. Regression plot between the MRI calculated cortical RP and the ultrasound-measured renal artery flow, with
flow-corrected signal calibration (A) and with static phantom signal calibration (B). A definitely higher correlation (r  0.80; P 
0.001) is obtained with flow-corrected signal calibration than with static phantom signal calibration (r  0.58; P  0.0123).
Regression plot between the maximum slope of the cortical RP and the measured renal artery flow, with flow-corrected signal
calibration (r 0.53; P 0.006) (C) and with static phantom signal calibration (r 0.37; P 0.06) (D). Both correlation are worse
compared with the analysis taken into account the arterial input function.
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between the maximum slope and the renal artery flow is
below that of the correlation between upslope method and
renal artery flow. This emphasized, it is important to consider
the arterial input function in a model of MRI-derived perfusion
quantification. This model integrates a flow-corrected signal
calibration, which increased the correlation coefficient be-
tween the MRI-derived RP and the transit-timed flow probe.
Although a good correlation was found between MRI
and the flow probe measurements, the slope of the regression
curve was not equal to 1. The underestimation of the cortical
perfusion may be seen as a systematic error as attested by the
good correlation between the MRI and flow probe techniques.
The cortical perfusion was correlated with total renal artery
flow explaining only partially this difference. Because 90%
of total renal blood flow that enters into the kidney supplies
the renal cortex,23 a slope of 0.9 was expected.
Imprecision may come from the slope model. At high
flow value the mean transit time is reduced. The bolus width
may become larger than the mean transit time in the kidney.
This is not the case for low flow value (see Fig. 4), but it is
more difficult to assess for high flow when some overlap
exists between the end of the arterial bolus and the plateau of
the renal response. Therefore, the hypothesis of this model
may be limited for high flow regimen. These limitations may
be solved by the development of better analysis model ded-
icated for high flow that integrate the bolus width in the renal
response, or by new contrast agent. The use of other contrast
media, such as Gd-BOPTA, seems to be very promising for
dynamic MRI because its high r1 relaxivity allows a smaller
bolus for the same signal enhancement.
We strongly believe that this systematical underestima-
tion of cortical RP does not preclude the clinical use of the
upslope method. It should be emphasized that the main
potential clinical application of this method is the detection of
renal artery stenosis, which may be associated with reduced
blood flow.24 The coupling of the measurement of RP to
magnetic resonance angiography technique could not only
enhance the detection of renal artery stenosis but also predict
which cases of refractory hypertension and/or suffering from
azotemia would benefit from surgery or angioplasty. Adding
a pharmacological intervention, such as blocking the renin
system, for example, by inhibiting the angiotensin-converting
enzyme, could provide valuable information. Such a tech-
nique could also benefit patients receiving kidney transplan-
tation, helping in diagnostic procedures for hypertension and
azotemia frequently after the transplantation. Finally, clinical
research might benefit from the technique, for example to
study the effects of drugs on the kidneys.
Others MR protocols result in a saturated signal at high
contrast media concentration, creating a dark band because of
an accumulation of contrast media and T2* effect, which
migrated from the cortex to the medulla on the dynamic
images. The progression of this dark band showed that the
kidney is functional, but it does not allow quantitative ana-
lyzes due to the saturated signal.25,26 Phase contrast imaging
is another way of quantifying flow, but this method assesses
only vessels and not regional tissue perfusion.27–29 Thus, the
upslope method is a new analysis tool which could ameliorate
our understanding of regional perfusion by adding new in-
formation to the previous MR protocols.
Several other methods have been used to assess renal
blood flow, but they are often cumbersome and invasive and
therefore not applicable to humans. These include: regional
washout of inert gases, heat diffusion, isotope trapping,
microspheres (radiolabeled or dye), laser doppler flow, and
computed tomography.23,30 The radioactive or fluorescent
microspheres31 are still the reference method today, but this
highly invasive method is not applicable in clinical situations.
A method for measuring the absolute regional perfusion has
also been developed in nuclear medicine32,33; however, the
low spatial resolution of the image does not permit one to
precisely define the cortex and the medulla. In addition,
nuclear medicine required the use of radioactive material.
Because of its accuracy, reliability, noninvasiveness, and the
non-nephrotoxic contrast media used, MRI is a unique
method for the screening of renal pathology. This modality
can combine morphologic and functional evaluation of the
kidney in 1 single examination, making MRI an important
tool for the global evaluation of the kidney.34
Study Limitation
We used only 1 slice to calculate the absolute RP.
Using more slices would decrease the time resolution, nev-
ertheless more investigations are needed to find the best
compromise between spatial and temporal resolution. Our
study investigated variations on total RP and not regional
variation, thus a multislice analysis was not mandatory.
CONCLUSION
This study compares the MRI cortical perfusion mea-
sured by T1-weighted FAST gradient echo sequence and
contrast media injection to the renal artery flow measured by
ultrasonic transit-timed flow-probe. We found a good corre-
lation between the MR calculated absolute RP and the mea-
sured renal artery flow by the transit-timed flow-probe (r 
0.80, P  0.001). Further studies are needed to evaluate the
clinical role of functional MRI (MR renography) in the
evaluation of the renal function.
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Publication 5:
New Sampling Strategy for





Purpose: A limitation of MRI for cardiac perfusion on routine clinical MR
scanners is the trade-off between the temporal resolution and spatial coverage.
To allow for the whole heart coverage, a new strategy is proposed consisting of
a slower injection (0.5 ml/s) of a higher dose (0.08 mmol/kg) of contrast media,
allowing for lower temporal sampling rate without significant loss of accuracy.
Materials and Methods: The new protocol was assessed by a simulation
study using realistic pseudo-data and perfusion model fitting, and a clinical
study in 12 patients with a history of myocardial infarction and 201-Tl SPECT
as reference.
Results: No notable decrease of perfusion determination accuracy was
found in the simulation study. In the clinical study a decrease in the perfusion
values measured by MRI in the infarcted regions (k1= 0.27 ± 0.21 ml/min/g,
compared to 0.4 ± 0.21 ml/min/g in normal, p < 0.0001).
Conclusion: The technique presented here overcomes the spatial limitation
of cardiac MR perfusion assessment by allowing for reduced temporal acquisi-
tion rate without significant loss in accuracy for the perfusion quantification.
Key words: MRI, cardiac perfusion, contrast media, sampling rate.
Introduction
In patients with coronary artery disease assessment of myocardial perfusion is of
clinical and prognostic value. Magnetic resonance first pass perfusion imaging has
become an increasingly used clinical tool for assessing myocardial perfusion (1–9). The
perfusion measurement method consists of dynamic T1-weighted MR imaging of the
heart during an injection of contrast media (CM), measuring the signal intensity (SI),
and model fitting. Magnetic resonance imaging has numerous advantages compared to
other techniques: non-invasiveness, high spatial resolution allowing differentiation of
the endocardial and epicardial regions, and the possibility of combining the assessment
of perfusion, global function and regional wall thickening. However, a limitation of
MRI is the trade-off between temporal resolution and spatial coverage. Due to the
gradient power limitation of most of the routine clinical MR systems, only limited
heart coverage is possible in one heartbeat.
This limitation raises the question of the possibility of lowering temporal resolu-
tion without a significant loss in accuracy. On high-performance last generation MR
scanners, where slice coverage is no longer an issue, reducing the acquisition rate is
also of interest for increasing image resolution.
Only few studies have investigated the influence of temporal sampling and bolus
shape on the precision of perfusion measurement. Kroll et al. (10) showed a loss of
precision with a rapid intra-atrial flush of 0.02 mmol/kg CM dose and acquisition rates
lower than one image per heartbeat. Therefore it is common belief that a sharp bolus
(injected at a rate of 3 ml/s or higher) and an acquisition rate of one image per cardiac
cycle are necessary. Low CM doses are traditionally used in perfusion quantification
to avoid signal intensity saturation in the left ventricle (LV) (2,3, 10–12).
To allow for the full heart coverage, we introduce an acquisition strategy consisting
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of a slower injection rate (0.5 ml/s) of a higher CM dose (0.08 mmol/kg). The bolus
shape thus obtained and the consequent tissue enhancement are more appropriate for
lower temporal sampling rate than a traditional sharp and narrow bolus (12). Using
higher doses requires preliminary sequence optimization in terms of contrast dynamic
range (contrast range associated with signal intensity increase) (13). Assuming that
the higher CM dose and slower injection allow lower sampling rate without a signifi-
cant loss of precision, we performed a simulation study to compare the two contrast
injection strategies and validate the new protocol. The protocol was then applied




Realistic aortic and myocardial pseudo-data were generated. Gamma-variate and ex-
ponential decay functions were used to simulate the arterial input functions (AIF)
resulting from a fast injection of a low CM dose (protocol a: 0.02 mmol/kg at 3
ml/s rate), and a slow injection of a higher dose (protocol b: 0.08 mmol/k at 0.5
ml/s). Myocardial enhancement curves were calculated from the AIFs and physio-
logical perfusion parameters (k1=0.5 ml/g/ming, k2=2.5 ml/g/min) using the one
compartment model (1) (fig. 1). The fitting parameters, k1 and k2, are the first order
transfer constants, respectively from the LV blood to the myocardium, and back to
the veins, according to the equation:
dcmyo(t)
dt
= −k2 · cmyo(t) + k1 · cart(t) [1]
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where cmyo and cart are the CM concentrations in the myocardium and in LV






has already been described in (5, 14). The fraction volume of distribution of Gd-
DTPA in the myocardium is defined as:
V d = k1(1−Hct)/k2, Hct being the hematocrit value (set to a constant value of
45%).
Twenty different realizations of Gaussian noise for each noise index, ranging from
0.5% to 10%, were generated and added to the myocardial transit-time curves.





The noise index commonly measured in vivo is 1%. Undersampled curves from one
image every two heartbeats to one image every six heartbeats were generated by
removing data points. Fully sampled and under-sampled sets of myocardial transit-
time curves were independently fitted to determine the perfusion first-order transfer
parameters k1 and k2 (ml/g/min) of the one-compartment model (1) for each noise
index. For each of the twenty noise realizations, k1 parameter was fitted, and average
± standard deviation over 20 fitted k1 values were plotted in comparison with initial,
true k1 value. The bias of the average fitted k1 value in respect to initial was expressed
as:
bias =




This methodology was used to assess the influence of the sampling rate and noise on
the accuracy of perfusion quantification for the two kinds of bolus shape.
Imaging
MRI protocol
Cardiac perfusion exams were carried out in 12 patients at rest (all male, mean age
60±11 years) with stable coronary artery disease and no acute symptoms. An in-
formed consent was obtained before each MR exam in agreement with the ethical
rules of our institution. Imaging was carried out on an Eclipse 1.5T MR system
(Philips Medical Systems, Cleveland, OH) with an RF-FAST sequence (15) and fol-
lowing parameters: TI/TR/TE 28/3.74/1.5 ms, 50 kHz bandwidth, 40◦ FA, 90◦ -
180◦ preparation pulses, and a 112×128 matrix, mean FOV 37 cm (±2 cm, according
to patient’s size). A cardiac surface coil and ECG trigger were used. Eight slices (4
short-axis, and 4 long-axis) were acquired during three to six cardiac cycles, depend-
ing on patient’s heart rate, the average inter-image delay being 4 seconds (±0.5). A
bolus of 0.08 mmol/kg Gd-DTPA was injected in a brachial vein at 0.5 ml/s injection
rate followed by 10 ml of isotonic saline with a Medrad r© Spectris MR injector.
Myocardial perfusion scintigraphy (SPECT)
All patients undertook a symptom limited exercise test using a bicycle ergometer.
Betablockers were discontinued at least 48 hours before the test. A stepwise increase
of workload was applied until at least 85% of the maximum predicted workload or
heart rate (depending on age, weight, length and sex) was achieved or one of the
following endpoints was present: severe angina, physical exhaustion, hypotension,
serious arrhythmias or ST segment alterations indicating severe ischemia. No adverse
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effects were observed during the study. According to a standard stress/rest protocol,
111 MBq Thallium-201 was intravenously injected at maximal stress. Gated cardiac
Single Photon Emission Tomography (SPECT) images were acquired 5 minutes (post-
stress images) and 4 hours (redistribution images) after radiotracer injection using
a dual-head gamma camera equipped with parallel-hole (positioned at 90 degrees),
low energy collimators (Epicardio, ADAC laboratories) and a 20% energy window
centered on 70 and 167 keV photopeaks. Data collection was performed in 32 frames
per camera head over 360 degrees, in a 64x64 pixel matrix and a zoom factor of
1.46. Eight frames per cardiac cycle were gated. The images were reconstructed after
applying a 5th order Butterworth filtering with cutoff frequency of 0.5 cycles/pixel
and three dimensional filtering.
Data analysis
MRI
Regions of interest (ROI) were manually drawn in the left ventricle for the arterial
input function and in the myocardium for the tissue contrast uptake. Eight myocar-
dial regions (two in each of the following sectors: anterior, lateral, inferior and septal)
were studied in every short-axis image. Long axis views were used for visual assess-
ment, and to complete data from the apical sector in cases where short axis views
were not suitable due to partial volume and through-plane motion of the heart. After
correction for respiratory motion (16, 17), signal intensity was averaged in the ROIs
and converted to contrast concentration according to calibration curves developed in-
vitro (1,3). The myocardial CM concentration was fitted with the one-compartment
model (1). The flow dependent k1 values were classified in two groups: normal and
infarcted according to the 201-Tl results. MRI data were compared only to the rest
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201-Tl data. The 3D SPECT data were reconstructed to match the MRI data using
right ventricle boundaries as anatomical landmarks.
All the image treatment, fitting and calculation were done using IDL 5.4 software
(RSI, Boulder, CO). Statistical t-tests were performed to determine the significance
of the average k1 and Vd difference of the two groups, with significance level set to
p < 0.05.
SPECT
Visual analysis of the images was performed by two independent cardiologists using
short axis and both, vertical and horizontal long axis projections. (AutoSPECT Plus
software, ADAC Laboratories). In addition, an automated semi-quantitative analysis
was performed using bullseye projection (ProSPECT / InSPECT software, ADAC
Laboratories) which corresponded with the segmentation of MRI images. Myocardial
perfusion was considered normal if no defect was present. A defect on rest images
was considered to indicate myocardial infarction.
Results
Simulations
Effect of the sampling rate The bias of the average k1 value, as well as the
standard deviation increased as the sampling rate decreased. However, this was less
pronounced for the broad AIF of the slow injection protocol than for the narrow AIF
of the fast injection protocol. For the noise index measured in-vivo (1%), the bias of
the fitted k1 values from the true value reached a maximum of 10% for six heartbeats
per sample with the narrow AIF of the fast injection protocol. With the broad AIF
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the maximum bias of the fitted k1 remained below 3% for all the sampling rates up
to six heartbeats per sample.
Effect of the noise In figure 2 the effect of increasing noise on the fitted k1
values is shown for the full sampling and a reduced sampling rate of one sample every
four heartbeats for both injection protocols. In all cases a bias of the fitted k1 value
with increasing noise was observed. At the full sampling rate the maximum bias
was 36% for the narrow AIF, and 25% for the broad AIF, both for 10% noise index.
For a sampling rate of one sample every four heartbeats and 10% noise index, the
maximum deviation was 119% for the narrow AIF, and 35 % for the broad AIF. For
equal sampling rate and 5% noise index, the maximal bias was respectively 23% and
4%.
Clinical study
According to the 201-Tl SPECT exam, 56 segments were infarcted, 13 in the left
coronary descending artery (LAD) region, 29 in the right coronary artery (RCA)
region, and 14 in the circumflex coronary artery (CCA) region, and 328 sectors were
normal.
An example of an MRI short-axis view of the contrast first pass in the heart
is shown in figure 3, with the corresponding transit-time curves in figure 4. The k1
perfusion value in the normal (septal) region was 0.462 ml/min/g, and 0.11 ml/min/g
in the infarcted (infero-lateral) region. A delay in the washin and washout, as well
as reduced maximum of the curve can be observed in the infarcted sector. Averaged
over all patients, perfusion values in infarcted regions (0.27 ± 0.21 ml/min/g) were
significantly lower than in normal regions (0.4 ±0.2 ml/min/g, p < 0.0001, table 1).
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Discussion
Our results demonstrate that it is more advantageous to inject a higher CM dose more
slowly for myocardial perfusion quantification. This is in contradistinction to a com-
monly accepted idea that a sharp bolus is needed for tissue perfusion quantification
as it induces faster CM variations in the myocardial transit-time curves. However,the
issue of the bolus shape has not been well covered in the literature. A study by
Kroll et al (10) stated that slower sampling and noise result in a loss of accuracy in
perfusion quantification, for a fast bolus. Our study confirmed these findings, but
here we apply the numerical simulation methodology not only to a fast bolus, but to
both, narrow and large bolus shapes. In the case of the large bolus, it can be seen in
figure 1 b) that the CM concentration variation is extended in time, prolonging thus
the timing window for the model fitting. While only a weak decrease in the myocar-
dial curve obtained with the fast bolus is left after 80 seconds (0.13 s−1, figure 1 a), a
notable decrease is still observed in the same outflow period in the myocardial curve
obtained with the slower bolus (0.77 s−1, figure 1 b). By having a closer look at the
maximum of the two myocardial curves in figure 1, one can observe a higher increase
and decrease rate around the maximum of the curve obtained with the sharp bolus,
and a slower variation around the maximum of the curve obtained with the slower
bolus. This makes the model fitting of the curve less sensible to noisy points at the
maximum, and to undersampling, as it is confirmed by the fitting results in figure 2.
By slowly injecting a higher CM dose as proposed here, the loss of precision due
to undersampling (k1 bias of the order of 2% for 1% noise index) can be considered as
acceptable in comparison with k1 determination errors of the order of 25% reported in
literature (1,12), and in comparison with at least 50% perfusion decrease searched for
in infarcted tissue. This was not the case with the narrow bolus where the maximum
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k1 drift for the 1% noise index was 10%.
Our injection protocol modifies the shape of the myocardial enhancement (fig. 1),
which allows for an undersampling with a minor loss in precision. When higher CM
dose is injected, the slower injection rate, together with MR sequence optimization
(12,13,18), is necessary to avoid signal saturation in the LV blood at the peak of the
bolus. With the optimized MR sequence parameters, it was verified in an external
calibration that the CM concentration at the peak of the bolus did not exceed the
contrast dynamic range. Another advantage of higher CM dose is increased SNR in
the myocardium.
By applying our new protocol in patients we obtained perfusion values in agree-
ment with conventional injection doses from the literature (12), and observed lower
perfusion in infarcted regions at rest. As it can be seen in the images (fig. 3), qual-
itative assessment is difficult, since it is visually difficult to distinguish the infarcted
region, while the quantitative model differentiates well the infarcted region from nor-
mal (fig. 4). The clinical study demonstrated the robustness of the one-compartment
model for perfusion quantification.
With the increased acquisition speed of the last generation high performance MR
scanners (allowing full heart coverage in only 2 heartbeats), our protocol can be used
for increasing image resolution for a given number of slices.
Some difficulties inherent to perfusion quantification still remain to be dealt with.
Our images were acquired with a cardiac surface coil, without coil sensitivity correc-
tion. Previously, this would require extra post-processing, but with imaging accel-
eration techniques like SENSE (19) being implemented on recent MR scanners, coil
sensitivity correction is also integrated. The in-plane heart motion has been corrected
for, but not the respiratory through-plane motion and wall thickness variation during
the cardiac cycle. Sources of variability are also contained in ROI definition, sig-
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nal calibration, and in water exchange model assumptions (20, 21).These issues are,
however, not affected by the CM injection and sampling strategy.
Direct comparison of large and narrow bolus was not performed within the same
patients due to ethical concerns, examination duration and patient comfort. How-
ever, the contrast kinetics with a narrow bolus is well known from literature (3, 12).
Although a previous study showed that dipyridamole-induced stress did not notably
change the shape of the arterial input function (1), further studies are needed to
assess the value of this protocol for ischemia diagnosis under stress condition.
In conclusion, a protocol consisting of slower injection of a higher contrast media
dose overcomes the spatial limitation of cardiac MR perfusion assessment by allowing
for reduced temporal acquisition rate with still reliable perfusion quantification. A
decrease in perfusion at rest in the infarcted regions, according to SPECT scintig-
raphy, could be detected in patients. This protocol has an important potential for
clinical application in MRI evaluation of coronary heart disease.
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Table 1: perfusion values measured in patients
tissue classified by SPECT MRI - k1 (ml/min/g) MRI - Vd (%)
normal 0.4 ±0.21 12.2 ± 5
infarcted 0.27 ± 0.21 (p < 0.0001) 12.1 ± 7 (p > 0.8)
Table 1: Average k1 and Vd values measured in patients, classified according to 201-
Tl results. Significance of the difference between infarcted and normal regions are
given by the p values.
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List of Figures
1. Pseudo-data modeling the arterial input function for a) the fast injection of a
low dose (0.02 mmol/kg at 3 ml/s rate), b) slow injection of a higher dose (0.08
mmol/kg at 0.5 ml/s), and c) 4 times undersampled data. Below each AIF is
the corresponding myocardial enhancement (full line). The data points show
the myocardial enhancement with added noise. The change of AIF modifies the
form of the myocardial enhancement.
2. Fitted k1 values versus noise for a) full sampling, b) 4 times under-sampling. An
increase of the bias and standard deviation is observed with increasing noise,
and decreasing sampling rate, more pronounced for the narrow than for the
large bolus. Each point ± s.d is the result of 20 iterations.
3. Image of the bolus first pass in a short-axis view of the heart, showing the
arrival of contrast in the right, then left ventricle, and myocardial tissue uptake.
Infero-lateral region of the myocardium is infarcted (arrows) and demonstrated
a delayed enhancement shown in the transit-time curve in figure 4.
4. a) Arterial input function measured in the LV, and b) myocardial enhancement
in normal and infarcted regions corresponding to images in figure 3. There is















































































































































































































































Figure 2: Fitted k1 values versus noise for a) full sampling, b) 4 times under-sampling.
An increase of the bias and standard deviation is observed with increasing noise, and
decreasing sampling rate, more pronounced for the narrow than for the large bolus.

































































































































































Figure 4: a) Arterial input function measured in the LV, and b) myocardial enhance-
ment in normal and infarcted regions corresponding to images in figure 3. There is










Improvement in the Quantification of Myocardial
Perfusion Using an Automatic Spline-Based
Registration Algorithm
Christophe Dornier, PhD,1* Marko K. Ivancevic, MS,1 Philippe The´venaz, PhD,2 and
Jean-Paul Valle´e, MD,PhD1
Purpose: To improve the quantification of myocardial per-
fusion by registering the time series of magnetic resonance
(MR) images with injection of gadolinium.
Materials and Methods: Eight patients underwent MR
scans to perform myocardial perfusion exam. Two short
axis views of the left ventricle (LV) were acquired in free
breathing. Two masks for performing the spatial registra-
tion of the images were evaluated. The registration was
based on pixel intensity in a multi-resolution scheme. The
efficiency of this correction was evaluated by calculating
geometric residual displacement of the LV and by fitting the
data to a compartment model fit with two parameters: K1,
the blood-to-myocardium transfer coefficient, and Vd, the
distribution volume of the contrast media.
Results: The registration stage allowed a decrease in the
observed motion of the LV from more than 1.98  0.68 mm
to less than 0.56  0.18 mm (mean  SD). Variability
obtained in the perfusion analysis decreased from 46 
103% to 5 4% for K1 parameter and from 18 21% to 5
5% for Vd parameter.
Conclusion: As with manual correction, this automatic mo-
tion correction leads to accurate perfusion parameters in dy-
namic cardiac MR imaging after contrast agent injection. This
automatic stage requires placing only one mask over one
frame of the perfusion study instead ofmanually shifting each
image to fit a reference image of the perfusion study.
Key Words: image registration; respiratory motion correc-
tion; cardiac perfusion assessment; dynamic MRI; gated
MRI
J. Magn. Reson. Imaging 2003;18:160–168.
© 2003 Wiley-Liss, Inc.
QUANTIFICATION OF MYOCARDIAL perfusion by dy-
namic magnetic resonance imaging (MRI) is realized by
injection of gadolinium diethylene triamine pentaacetic
acid (GD-DTPA) contrast agent, with a contrast media
first pass taking from 30 to 40 seconds (1). Because
electrocardiogram (ECG)-gated sequence leads are
used to freeze the heart beat and because of the dy-
namic nature of the data of interest, the acquisition
sequence takes more than three minutes to obtain re-
liable information about the perfusion and distribution
volume of the contrast medium. With such a protocol,
acquisitions are realized without breath-holding and
leads to dynamic gated heart images being degraded by
respiratory induced motions during the perfusion
study.
The simple way to correct this motion is the manual
shifting of each image to fit a reference image (2). This
effective method is very tedious in practice because
there are about 100 images per perfusion study. An-
other way to cope with this respiratory induced motion
is the segmentation of heart-related features, such as
the myocardial wall, across the whole perfusion study
to be registered (3). After injection of the contrast me-
dium, large intensity variations can be observed in the
myocardium and in the blood contained in the right and
the left cavities. Application of conventional registration
algorithms based on the myocardial contour detection
(3) is difficult and may not even work adequately in the
case of a perfusion defect. To circumvent these issues,
Bidaut and Valle´e (4) proposed an automated strategy
based on two-dimensional rigid body deformation,
which used the information contained within each im-
age to estimate, and to correct in every time frame, the
motion of the heart across the whole acquisition. To
improve the spatial registration, a simple multiresolu-
tion scheme was used with two intermediate steps per-
formed through the convolution of Gaussian kernels.
The purpose of this work was to evaluate a more
robust registration algorithm (5) based on image inten-
sity in a multiresolution scheme. One challenge of this
work was the definition of an analysis protocol adapted
to cardiac perfusion MR images, which have large in-
tensity variations inside the regions to be registered.
Correcting cardiac perfusion MR images from the respi-
ratory motion requires defining one mask over the re-
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gion to be registered (left ventricle [LV]). We propose to
compare two methods for defining the mask: the first
one is manually drawn around the LV and the second
one is defined by the rectangle including the heart in
short-axis views (6).
MATERIALS AND METHODS
MRI Perfusion Imaging Protocol
Eight patients underwent MRI. Two short-axis views of
the heart were acquired on an Eclipse 1.5-T MR system
(Picker-Marconi, Cleveland, OH) with a fast gradient-
echo sequence (RF-FAST saturation-inversion recovery
90–180, Marconi) (7): body coil, flip angle  90°, repe-
tition time  4.3 msec, echo-time  1.3 msec, field of
view (FOV)  46  23 cm, symmetric phase encoding,
matrix size  256  192 (pixel size  1.8 mm), slice
thickness  10.0 mm, preparation time  150 msec,
one acquisition, ECG-triggered with one view every two
heart beats, after a manual (1–2 seconds) bolus injec-
tion of Gd-DTPA (Magnevist, Schering AG, Deut-
schland) in a brachial vein (0.07 mL/kg), followed by 20
mL of a saline solution.
Registration Methods
The images were first retrieved from the MR scanner via
the PACS in Digital Imaging and Communications in
Medicine standard (DICOM). They were brought to the
IDL software (Interactive Data Language, Research Sys-
tems, Inc., CO), which acts as front-end to an ANSI-C
registration routine. This routine is freely available on
the web (8) and is based on methods previously de-
scribed (5). Images are known only through their regu-
lar samples; a continuous model (based on B-splines of
degree N) was specified for performing geometric oper-
ations (9,10). We performed registration in a multireso-
lution scheme. The registration process can be limited
to a part of the images by drawing regions of interest
(ROI).
As the registration process is based on signal inten-
sity, the first method for performing the registration
uses only one ROI where no signal intensity changes
occur along the whole perfusion study. In these studies,
the frame with the best contrast between myocardium
and left ventricular cavity (Fig. 1a) was chosen for de-
fining the cardiac mask. It was drawn by completely
including the LV and by extending the margin of the
heart into the lung and generally into the stomach.
Inside this mask (optimal cardiac mask), the LV cavity
was removed (Fig. 1b). We compared the optimal car-
diac mask to a rectangular mask centered on the heart
(both the left and right ventricle) in a short-axis view
(Fig. 1c). The first author (C.H.D.), who has a high
background in image registration, realized the manual
shift and the definition of the two masks for all studies.
As a gold standard, the images were manually shifted to
correct for in-plane motion by a skilled image analysis
specialist (C.H.D.).
Registration Validation
Validation of the registration methods was realized by
two different methods.
Geometric Model
The geometric method compares the variation of the
position of the LV over the entire perfusion study for
different registration techniques. Position of the LV is
assessed by placing a circular ROI over the LV and by
computing the center of mass of intensities inside this
ROI. For each registration technique, the minimum,
maximum, and SD of the residual motions are com-
puted. The best registration technique is naturally the
one that gave the smallest residual motions.
Functional Model
The functional model was validated in two different
ways. The first one compared transit time curves ob-
tained with or without a registration stage. The curve
obtained on the dataset with manual shift of the images
is called the “gold standard curve.” The comparison was
limited to a ROI centered in the LV cavity. On each of
Figure 1. a: Short-axis view of the heart. b: Optimal cardiac mask definition for the registration stage. This mask was selected
on the image where contrast medium is located only in the LV. The mask is defined in the region where the contrast does not
change rapidly along the whole perfusion study. It is defined by including the LV myocardium and by avoiding the cavity where
the signal intensity changes rapidly. c: Rectangular non-optimal cardiac mask definition for the registration stage.
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the images in these studies, blood pool transit curves
were plotted. Two parameters were determined from
these curves: full-width at half-maximum (FWHM) of
the first peak of the contrast medium, and the mean
square difference (MSD) between each registered curve
and the gold standard curve. The best registration tech-
nique is naturally the one that gave FWHM of the first
peak of contrast medium equal to those obtained on the
gold standard curve and that had the smallest MSD.
The second method compared the perfusion param-
eters computed from several transit time curves placed
inside the myocardium and the LV with or without
registration stage. After registration, the image with the
best contrast between myocardium and the LV (i.e., the
image where contrast medium is inside the LV cavity
but not yet in the myocardium) was used to define the
ROIs over which the pharmacokinetic model was ap-
plied. These ROIs were drawn by one of the authors
(M.A.I.) who has extensive experience in cardiac perfu-
sion analysis. The LV was divided into four sectors. For
validation purposes, the same sectors were used for the
raw data and the various types of registered images. As
a gold standard (11), the position of the sectors was
controlled on each image of the raw data set and a
manual shift of images was performed to correct for the
motion of the heart. A single blood pool transit curve per
Figure 2. Comparison between original images (top row) and images obtained with the registration process using the optimal
cardiac mask (bottom row). Difference images (middle row) show the extent of the correction (parameters at bottom; pixels and
degrees). Images on the middle column correspond to the reference frame. The box over the heart in the original and registered
images exhibits the need for and the results of the registration respectively.
Table 1
The Range of Translations (in Pixels) and Rotation (in Degrees) for Different Registration Techniques




















Manual shift 4.0 8.0 12.0 4.0 – –
1.23 1.96 2.63 4.34 – –
Automatic with optimal mask 4.32 6.27 9.74 7.52 8.64 6.80
1.23 2.20 0.06 4.86 0.11 2.99
Automatic with rectangular mask 4.56 5.98 9.26 6.99 5.58 3.19
0.79 1.76 0.22 4.35 0.65 1.87
Axis X is anterior/posterior; axis Y is superior/inferior; axis Z is orthogonal to the image plane. Pixels are 1.8 mm wide. SD  standard
deviation.
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patient was defined from a ROI placed in the left cavity
of manually shifted images.
For each patient with the same ROIs, we extracted
and compared several transit time curves per sector:
one from the raw data alone, one from the raw data with
a manual shift (gold standard), one from images regis-
tered with the optimal cardiac mask, and one from
images registered with the rectangular mask.
The transit time curves sets were fitted to the com-
partment model for estimating the myocardial perfu-
sion parameters (7): the blood-to-myocardium transfer
constant (K1) and the GD-DTPA distribution volume
(Vd) (the model equation is given in Eq. [1]). The relative
variation (in % of the manual gold standard, as defined
by Eq. [2]) of K1 and Vd were calculated for the raw data
sets and the registered images.
Figure 3. Registration efficiency is estimated by monitoring the position of the LV inside the myocardium (ROI in A). B:Without
the registration process, large variations in the LV position are monitored. SD of these positions are equal to 1.7 pixels in the
x-direction and 4.5 pixels in the y-direction. C: Using the registration stage with the optimal cardiac mask leads to better results.
SD of these positions are equal to 0.2 pixel in the x-direction and 0.3 pixel in the y-direction.
Table 2
Registration Efficiency: Comparisons of the Positional Variations of the Center of Mass of the LV Intensities
From a Typical Patient (100 Frames)
Registration technique
Position variation of the center of











FWHM of the first peak of the
blood pool transit curve









No registration 6.6 5.2 6.8 9.7 0 209 31.9 4.4 9 25
Automatic with optimal
cardiac mask
0.5 0.6 0.8 0.8 0.00 0.20 60.2 0.3 0.01 0.03
Automatic with
rectangular mask
0.6 0.7 1.0 0.9 0.00 0.30 60.3 0.3 0.04 0.06
Gold standard curve  curve obtained with manual shifting of the region of interest along the whole perfusion study,
LV  left ventricle,
MSD  mean square difference, SD  standard deviation,
FWHM  full-width at half-maximum.
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Myot  K1  
0
t
Vg  eK1/Vdt  d
with Myo  tissue signal, Vg  plasma signal for the
ventricle cavity, Vd  distribution volume, K1  trans-
fer constant related to the flow.
Equation [2] is the variability index ( 100 for %). The




Eight ambulatory patients with stable coronary artery
disease were initially processed. This section presents,
in the first part, results obtained on one typical patient
and, in the second part, the overall results obtained on
all the patients included in this study. In this way, it is
easier to present and understand the different steps of
the analyses.
Results Obtained From One Typical Patient
Table 1 presents information about the geometric pa-
rameters calculated by the registration over the whole
perfusion study (100 frames) for a typical patient. This
table shows that the range of displacement was about
20 mm (12 pixels) wide in the anterior-posterior (AP)
direction and about 28 mm (16 pixels) wide in the su-
perior-inferior (SI) direction. Larger values in the SI
direction agreed well with major respiratory-induced
displacement (12–14). The corrective rotation window
was about 15 degrees wide for the mask including only
Figure 4. Top-left: Definition of the ROI (black polygon) inside the LV for assessing the blood-pool transit curve, and definition
of the ROI (white polygon) inside the anterior part of the myocardium for assessing myocardium perfusion. Top-right: Compar-
ison of the first portion of the blood pool transit curves obtained from various registration techniques on data from a typical
patient (100 frames). Only the non-registered curve (FWHM  three frames) is very different from the registered ones (FWHM 
six frames). Bottom: Anterior myocardium transit time curves for both the original (raw) and the automatically registered data
set. To compare curves obtained by manual registration and automatic registration, the curves difference was plotted. Theses
curves were later used as an input to the model fitting.
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the LV and about 9 degrees wide for the rectangular
mask including the two ventricles. In Figure 2, selected
frames were exhibited before and after the automated
registration. The extent of correction is clearly visible on
the difference images.
Table 2 presents the registration efficiency obtained
from the previous whole perfusion study. Variations in
the position of the center of mass of the LV intensities
are clearly reduced with registration (Fig. 3). The regis-
tration process leads to a decrease in the SD from 3.42
mm (1.9 pixels) to 0.36 mm (0.2 pixels) in AP direction,
and from 7.92 mm (4.4 pixels) to 0.54 mm (0.3 pixels) in
SI direction. The maximum elongation decreases from
21.24 mm (11.8 pixels) to 1.98 mm (1.1 pixels) in AP
direction, and from 29.7 mm (16.5 pixels) to 2.88 mm
(1.6 pixels) in SI direction before and after the regis-
Figure 5. Perfusion analysis obtained on one typical patient (100 frames) with or without a registration stage with optimal
cardiac mask. A: Definition of the ROI used for this analysis. Transit time curve obtained for the LV (B), in the anterior segment
(C), in the lateral segment (D), in the inferior segment (E), and in the septal segment (F). For each graph corresponding to a
myocardium segment, values of K1 and Vd are presented.
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tration stage, respectively, with the optimal cardiac
mask.
Without registration, the MSDmean is about 9 with a
SD of about 25. The maximum of MSD per frame is
about 209, which is very important. With registration
(with the two masks), the MSD mean is less than 0.04
with a SD of less than 0.06. The maximum of MSD per
frame is less than 0.30, which is about 700 times less
than the value obtained without registration.
When observing the blood pool transit curves (Fig. 4),
the area under the first peak is related to the contrast
medium quantity administered to the patient. Thus, as
the intensity of the images were not changed, conser-
vation of the contrast medium quantity leads to a con-
stant FWHM of the first peak on all the blood pool
transit curves. Comparing FWHM between different
curves obtained by various registration techniques is
sufficient for assessing registration efficiency. The
FWHM value obtained with the gold standard curve is
equal to six frames. Without registration, a very differ-
ent value of FWHM was obtained (three frames). With
the two registration methods (with the two masks), the
values of FWHM (six frames) became equal to the value
obtained with the gold standard curve.
We performed the perfusion analysis directly on the
raw dataset from this typical patient, which was the
method used classically, and on the registered dataset
(registration realized with the optimal cardiac mask).
Definition of the five ROIs required for the perfusion
analysis is presented in Figure 5A. Transit time curves
obtained from this ROI are presented in Figure 5B–F.
We can observe that in the lateral and septal seg-
ments (Fig. 5D and F) small differences in the transit
time curves are obtained, which can be explained by the
fact that the respiratory motion of this patient is prin-
cipally along the SI direction. In Figure 5C, large differ-
ences between the two transit-time curves were ob-
tained and led to very different values of the perfusion
parameters.
Results Summary Obtained From All Patients
As shown in Table 3, the registration stage with the
optimal cardiac mask allows reducing the positional
variations of the center of mass of the LV intensities
from 1.98 0.68 mm to 0.56 0.18 mm in the AP-axis,
and from 4.05  2.00 mm to 0.49  0.14 mm in the
SI-axis. Using the rectangular mask led to larger dis-
persions on the position of this center of mass: AP-axis:
0.58  0.38 mm; SI-axis: 0.59  0.22 mm.
After performing all the perfusion analyses on the
eight patients (two slices per patient, four sectors: an-
terior, lateral, inferior, and septal), the goodness-of-fit
was assessed by comparing perfusion parameters ob-
tained from the raw dataset, the automatic registered
datasets (with the two masks), to perfusion parameters
obtained with the manual shift of the images (gold stan-
dard). Figure 6A and B plot the absolute variations of
the variability of the perfusion parameters determined
with raw dataset, and with the two registered datasets.
Table 4 presents the variability obtained in the perfu-
sion parameters for the different registration processes.
Figure 6. Variability in the determination of the perfusion parameters with or without a registration stage is plotted for K1 (A)
and for Vd (B).
Table 3
Registration Efficiency: Summary of the Results Obtained on the Eight Patients
Registration technique










No registration 0.25 1.85 0.28 4.48
1.10 0.38 2.25 1.11
Automatic with optimal cardiac mask 0.18 0.51 0.15 0.46
0.31 0.10 0.27 0.08
Automatic with rectangular mask 0.15 1.05 0.15 0.55
0.32 0.21 0.33 0.12
LV  left ventricle, SD  standard deviation, Pixel size  1.8 mm.
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On raw images, large variability was obtained in the
determination of the perfusion parameters and led to
measurements that were statistically different if they
were performed on raw images or on the gold standard
dataset. Using the optimal cardiac mask for the regis-
tration stage led to perfusion values that were very close
to the values obtained with the gold standard dataset.
Results obtained using the rectangular mask gave per-
fusion parameters with variability comparable to those
obtained directly on raw images.
Finally, on a Pentium III computer (733 MHz) with
512-Mb RAM and with non-optimized coding, total reg-
istration time with the algorithm presented in this pa-
per took about 2.5 minutes for 100 frames (256  256
pixels). Cardiac perfusion analysis can then be as-
sessed quickly because the manual correction stage is
avoided.
DISCUSSION
Usual correction methods for breathing motion are
based either on translations only (7), which are easy to
implement on interactive imaging platforms (15), or on
segmented anatomic features of the heart or landmarks
(3,16). The first category was generally tedious to ma-
nipulate for numerous frames, and the second one re-
quired the extraction of features over all frames. With
cardiac perfusion images where large intensity varia-
tions exist, this stage was not easy because classic
segmentation techniques based on signal intensity are
not suited to this kind of image. The technique de-
scribed in this paper is based on the intensity of the
images, not on segmented features such as landmarks
or edges. As such, this technique uses all the relevant
signal intensity information intrinsically available in
the images. Performing the registration stage can also
be realized by using an algorithm based on mutual
information (MI) (17–19). The cost function for MI is a
similarity measure that does not assume any intensity
correlation, but relies only on statistical dependence of
intensities (20). MI cost function is generally used for
registering images from different modalities but is also
suited for registering a time series of images.
The registration process used in this work, including
rotation, does not include non-rigid transformation. In
perfusion analyses, images are acquired in short-axis
view at the same phase of the cardiac cycle. Thus, the
similarity between the LV appearances along all the
images is very high, and a non-rigid transformation is
not required. Such a transformation could be of interest
when registering various patients or when using an
atlas for the definition of the ROIs.
The method used for drawing the optimal cardiac
mask is simple and leads to a robust algorithm without
including severe constraints. The mask centered on the
LV is drawn on the frame where the contrast media is
arriving in the LV cavity. Actually, the LV cavity is man-
ually hollowed from the mask but an automatic seg-
mentation based on an intensity threshold can easily be
done for removing this cavity.
In the work by Bidaut Valle´e (4), to increase the ro-
bustness of their iterative technique, boundaries were
enforced on all the parameters (translation and rota-
tion) during iteration. These boundaries were chosen to
match the most likely range of motion based on the
literature (12,13). With these boundaries, absolute
translation in every axis was limited to 15 mm and
rotation to 15°. The method presented in this work has
shown that no artifact was obtained even with transla-
tion higher than 25 mm.
Smaller zigzag patterns can still be seen on the time
transit curves after registration (Fig. 4). These patterns
may be due in part to some remaining motion or uncor-
rected distortions (such as through-plane motion). It is
possible to minimize the effect of the through-plane
motion by moving the ROIs placed inside the myocar-
dium independently. But in this work, we preferred to
use the same ROIs for performing perfusion analysis on
all datasets with or without a registration stage.
In conclusion, the aim of this work was not only to
present an efficient registration algorithm but also to
use this registration process in order to assess more
accurate values of the tissue perfusion inside the LV.
This work presents an automated method that signifi-
cantly improves the ease and accuracy of positioning
the ROIs for the refined analysis of perfusion on dy-
namic cardiac MRI sequences. This registration pro-
cess, based on a freely available algorithm, corrects
most of the motion induced by physiology and free-
breathing. This leads to the assessment of more accu-
rate values (K1 and Vd) of the perfusion analysis. Per-
fusion analyses, which are tedious and time consuming
when they are realized by manually shifting the differ-
ent ROIs over each image, become simpler because the
ROIs are defined by only one frame.
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Table 4
Variability of the Model Fit From Eight Patients






K1 (46  103)% P  0.07 (5  4)% P  0.58 (39  113)% P  0.81
Vd (18  21) % P  0.01 (5  5)% P  0.73 (17  12) % P  0.001
*(Four Sectors each, K1, Vd, See text)
Variability of the model fit (mean  SD) and value of the t-test associated.
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